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Abstract 
Mechanics and Development of Tarsal Cartilage Anlagen – Insights from a Human Study 
Roza Mahmoodian 
Sorin Siegler, Ph.D. 
Franco Capaldi, Ph.D. 
 
 
 
 
Fetal cartilage anlage provides a framework for endochondral ossification and 
organization into articular cartilage. Deficiency or retardation of these developmental 
processes causes musculoskeletal deformities. The mechanical environment can modulate 
development, highlighting the indispensable role of accurate mechanical models in 
reliable biomechanical analyses and improving shortcomings of models of 
morphogenesis. While much attention has been paid to the mechanical characterization of 
articular and growth plate cartilage, the need for investigating the developing cartilage 
anlage mechanics has not been answered. Additionally, finite element (FE) models are 
required for studying problems of soft tissue as they generally involve complex 
geometries, boundary conditions, and/or complicated material behavior. This makes the 
importance of FE implementation of material models evident. Furthermore, with the 
work on osteogenesis of limbs being predominantly focused on long bones, studying the 
mechanisms of endochondral ossification in short bones seems invaluable to 
understanding the normal growth patterns and etiology of their deformities. One such 
important case is the clubfoot deformity which can lead to severe handicap if untreated. 
The Ponseti technique, based on serial manipulation and immobilization, is commonly 
used to treat infant clubfoot. Despite the numerous studies describing theses deformities, 
little information is available on the correction mechanisms under this treatment method. 
xi 
 
In the present study, the mechanical properties of developing cartilage anlage in 
near full-term human fetal talus were determined in confined and unconfined 
compression indicating the cartilage under study was softer and more permeable than e.g. 
articular cartilage. A straightforward method was formulated to model cartilage under 
large deformations using the strain energy function of the finite deformation biphasic 
theory, by directly incorporating the commonly extracted mechanical properties. A 
unique “human experiment” was conducted to elicit the effects of manipulation therapy 
of new-born clubfooted infants undergoing Ponseti treatment. Correction of anlagen 
deformities and positional relationships was observed in all patients. Ossification was 
enhanced under treatment, especially in the talus and cuboid, and was faster in clubfoot 
than normal. Patient-specific FE analysis was conducted suggesting the presence of a 
positive correlation between both the strain energy density and the pore fluid velocity 
magnitude with the amount of bone added between each two visits. 
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INTRODUCTION 
Osteogenesis is the process of laying down new bone material by osteoblasts. It occurs 
either by intramembranous osteogenesis (the direct laying down of bone into the 
primitive connective tissue or mesenchyme), or by endochondral ossification (involving a 
cartilage precursor). Early in fetal development, the skeleton is cartilaginous. This 
temporary cartilage – which will generally be referred to as cartilage anlagen throughout 
this text - is gradually replaced by bone mostly by endochondral ossification, ending at 
puberty. In contrast, the cartilage in the joints remains unossified during the whole of life 
and is, therefore, permanent [1]. Deficiency or retardation of these developmental 
processes during fetal and postnatal development resulting from different causes lead to 
musculoskeletal deformities, e.g. various types of talipes (congenital clubfoot) in which 
the foot is twisted out of position or shape, usually with delayed growth and ossification.  
The biological factors and mechanical environment cause changes in form during 
embryonic, fetal, and postnatal stages in normal and pathological conditions. For 
example, it has been previously hypothesized that the evolution of form of the growth 
plate follows the contours of principal tensile stresses [2] and minimum shear stress [3] 
under physiological loads. The state of such stresses in the tissue depends on its 
mechanical behavior, highlighting the indispensable role of accurate mechanical models 
of the tissue as a key to reliable biomechanical analyses and improving shortcomings of 
models of morphogenesis. Although much attention has been paid to mechanical 
characterization of articular cartilage and in some studies the mechanics of growth plate 
cartilage, there is still a need for investigating the developing cartilage anlage, of tarsus 
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for instance, to be able to model its mechanics. Finally, since most of the work on 
osteogenesis of limbs has been focused on development of long bones, gaining further 
insight into endochondral ossification mechanisms in short bones such as tarsal anlagen, 
is invaluable to the studies of etiology of deformities involving the foot and alike.  
The temporary skeleton is made of cartilage. Cartilage is a composite organic 
matrix consisting of interstitial fluid and a solid matrix primarily constituted of two 
structural macromolecules, i.e. collagen fibers and proteoglycan aggregates. The biphasic 
theory [4] is the most traditional and the most commonly used model of cartilage which 
takes the interstitial fluid movement into account. The theory assumes that cartilage is 
composed of two intrinsically incompressible phases: an interstitial fluid phase and an 
isotropic, homogeneous, porous, permeable elastic solid. Since the assumption of 
isotropy is not very accurate for tissues with anisotropic architectural organization such 
as articular cartilage, various investigators have developed more complicated biphasic 
models (representing the solid matrix as transversely isotropic elastic [5], viscoelastic [6], 
fibril reinforced elastic [7], and conewise linear elastic [8]), as well as multi-phasic 
theories such as triphasic [9] and quadriphasic [10] theories. Despite development of 
more complex soft tissue theories, the biphasic theory in its early form has remained 
attractive owing to the relative simplicity of the experimental work needed to delineate 
the material properties of the tissue, and to its satisfactory predictions of tissue behavior 
in many cases. In one study of collagen fiber orientation and concentration of collagen 
and proteoglycan macromolecules in talar cartilage over a range of gestational ages in our 
group [11], the assumption of isotropy and homogeneity appeared reasonable for the 
anlage even in late fetal stages. It is still important however, to use a suitable material 
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model for the solid matrix that can account for large deformations while keeping the solid 
phase deformation within a physically reasonable bound, because soft tissues normally 
experience large deformations and the flow of fluid within the matrix can substantially 
alter the deformation of the solid phase of the tissue due to frictional drag forces. To 
achieve this goal, we determined the mechanical properties of developing cartilage anlage 
in near full-term (as the closest approximation to new-born due to its unavailability) 
human fetal talus (ankle “bone”) by performing confined and unconfined compression 
tests of the tissue, and curve fitting to the constitutive equations of the finite deformation 
biphasic theory while taking into account strain-dependent permeability.  
Finite element models are required for solving complicated biological problems 
where analytical solutions are infeasible, such as where complex geometries and 
boundary conditions are involved. The importance of finite-strain models for analysis of 
soft cartilage structures [12-13], as well as evaluation of the Helmholtz energy function 
for FE applications [14] has been demonstrated. A straightforward method [15] was 
formulated in this study to model cartilage under large deformations in FE programs 
using the strain energy function proposed by Holmes and Mow [16] for the solid matrix. 
The proposed method allows for directly incorporating the mechanical properties 
(permeability parameters, aggregate modulus and its strain dependent coefficient, and the 
Young’s modulus (or the Poisson’s ratio)) obtained from common test geometries. The 
constitutive model of the material was coded in as a user material subroutine (UMAT) in 
Fortran for use in Abaqus which allows for defining constitutive equations of custom 
materials (other commercial packages such as ANSYS also provide similar capabilities). 
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The capability of the user material subroutine in predicting the instantaneous and long-
term behavior of the cartilage anlage was examined in several cases. 
Clubfoot is a common birth deformity, yet with obscure etiology. A common non-
surgical procedure for infant clubfoot - providing many advantages over surgical 
procedures and thus important to understand - is the Ponseti technique which is based on 
serial manipulation and immobilization. Despite the numerous amounts of studies on 
hand describing the deformities and comparisons between the normal and clubfeet, we 
have found little information on the presumed mechanism by which serial casting 
corrects these deformities and induces shape changes. The most common view [17-19] 
suggests that the casting loads produce stretching of tight ligaments, capsule and tendons 
which then restore more normal boney architecture. No evidence is available to support 
this view and no mention is made of how the abnormal shapes of the anlagen are 
corrected. Besides identifying the deformities and their improvement with treatment, the 
mechanism by which correction successfully occurs is also of great importance because it 
will likely explain why treatment succeeds or fails even when applied in newborn infants 
by attentive practitioners and with motivated, cooperating parents.   
Based on surface models from MRI, we previously reported deformation and 
adaptation of these cartilage anlagen during treatment by manipulation and 
immobilization [20]. Immediate shape changes occurred following casting, and when 
after one week the cast was removed the anlagen did not elastically return to their 
original shape and position prior to casting. Furthermore, the growth rate of some of the 
clubfoot anlagen (mostly talus, thus the reason for selection) was faster than normal. It 
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was concluded that the mechanism of adaptation to the casting loads was quick 
deformation immediately upon cast application followed by adaptation to the new shape 
in the cast. These were qualitative findings which led to the motivation for quantitative 
studies of the mechanics and development of the new-born tarsal anlage. In the present 
study, we utilized the model of developing talar cartilage anlage to investigate the 
mechanisms of correction in non surgical treatment of clubfoot deformity in a unique 
“human experiment”. 
In summary, as most of the work on osteogenesis of limbs has been focused on 
development of long bones, constructing a reliable model for tarsal anlage and their 
development is undoubtedly invaluable. The acquired insight may then be applied to 
etiological studies of not only the clubfoot deformity, but also other deformities of the 
foot, to create a general understanding of the response of the involved tissue to 
mechanical loads and explore new treatment options or infer relationships between an 
existing treatment and the observed changes in growth pattern. Such studies can 
potentially provide guidance for the betterment of available treatment techniques or be 
employed to propose new ones.  
The present thesis is organized as follows. 
In Chapter 1, an overview of skeletal development, the clubfoot deformity and the 
common non-surgical method practiced for its treatment has been presented. Chapter 2 
provides a review of experimental and theoretical work on the mechanical regulation of 
growth, ossification, and adaptation.  
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Chapter 3 provides a background on the structure and composition of bone and 
cartilage. Chapter 4 starts with a review of the biphasic theories of soft tissues, and is 
continued with a presentation of the formulation of the classical biphasic theory in finite 
deformations and infinitesimal strains. The reduction of the constitutive equations to the 
case of one dimensional compression is provided.  
In Chapter 5, the materials and methods used in the study have been described. 
First, the mechanical testing of talar cartilage anlage is detailed followed by extraction of 
the material properties. Next, development of a user material subroutine based on the 
finite deformation biphasic theory and the experimental results has been presented. The 
test cases designed to evaluate the material model have also been described. Examples 
using this material formulation modeled in Abaqus were presented to demonstrate the 
advantage of a more accurate material model over a linear elastic material. The protocol 
for acquisition of the patients’ MRI scans, reconstruction of anlage geometries, the 
qualitative study of correction of deformities and the quantitative analysis of the progress 
of ossification have been documented. Finally, the finite element study of treatment has 
been presented aimed at eliciting the relationship between correction and treatment 
induced stimulation. 
Chapter 6 delivers the results obtained following the methods of Chapter 5. 
Chapter 7 provides a discussion of our findings and the limitations of the study, and 
presents ideas and directions for future work. 
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CHAPTER 1.  SKELETAL DEVELOPMENT AND DEFORMITIES 
The musculoskeletal system consists of skeletal connective tissues (bone, cartilage, and 
dense fibrous tissues) and muscle. Normal structure and function of depend on the 
formation and growth of these tissues, and their integration into the system that provides 
the stability and mobility of the body. This formation and organization occur in early 
prenatal life so that by 6 months the final form of the musculoskeletal systems is easily 
recognized (Figure 1.1). Disturbances of these processes cause congenital abnormalities 
such as congenital dislocation of the hip, clubfeet, and absence of part or all of a limb. 
The musculoskeletal system continues to grow and modify its form after birth until the 
physes (growth plates) close. 
Broadly defined, congenital abnormalities occur in 6% of live births. About 3% of 
newborns have major structural abnormalities. At present the cause of 50-60% of birth 
defects is unknown. Chromosomal abnormalities contribute 6-7% of the abnormalities 
and specific gene mutations cause 7-8%. Environmental teratogens are responsible for 7-
10% of the defects. Combined genetic predisposition with environmental factors causes 
the remaining 20-25% of congenital abnormalities [1]. 
The prenatal period of development is normally divided into embryonic (first 8 
weeks of development) and fetal stages (9th through 38th weeks of development). During 
the embryonic period, all major internal and external structures are established. The fetal 
period mainly consists of growth and differentiation of tissues and organs that began 
development in the embryonic period. 
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Figure 1.1. Skeletal development of a 6-month old fetus (From Turek’s 
Orthopaedics [1]). 
 
 
As early as the fifth embryonic week, the mesenchymal cells enlarge, become 
more compact, and differentiate into a sheet of cells recognized as pre-cartilage. Then 
matrix is laid down between the cells, and cartilage increases in thickness by both 
internal and external growth. Bone formation occurs either within mesenchymal 
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membranes (e.g. intramembranous formation as occurs in facial and cranial bones) or 
from cartilage (e.g., endochondral bone formation, as occurs long bone). In the latter 
case, cartilage must be removed before bone is laid down. 
Intramembranous ossification – A connective tissue membrane forms the original 
model of the bones. Then ossification begins at one or more central points of the 
membrane. These centers are characterized by the appearance of osteoblasts that lay 
down bony trabeculae spreading radially in all directions. The tissue at the periphery 
differentiates into a fibrous sheath (the periosteum), the undersurface of which 
differentiates into osteoblasts, which in turn deposit parallel plates of compact bone (the 
lamellae). This periosteal ossification forms the inner and outer shells of skulls created.  
Endochondral ossification – A cartilaginous model of the structure precedes 
destruction of cartilage and its replacement by bone. Two processes are involved: central 
ossification within the cartilage (endochondral ossification), and peripheral ossification 
beneath the perichondrium or periosteum (perichondrial or periosteal ossification). In the 
center of the cartilaginous precursor, the cells enlarge and become arranged radially as 
the matrix mineralizes. Invading blood vessels from the perichondrium bring osteoblasts 
that deposit new bone which replaces cartilage. As the central bone formation occurs, the 
cells of the inner layer of perichondrium lay down parallel layers of compact bone. The 
cartilaginous physes appear at the end of each long bone and produce endochondral bone 
throughout skeletal growth. Periosteal ossification contributes to growth of thickness of 
the structure. 
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The Pediatric Foot 
There are 26 bones in the foot with many articulations (Figures 1.2, 1.3). Anatomically, 
the foot can be divided into three sections: forefoot (consisting of metatarsals and 
phalanges), midfoot (comprised of cuneiform, cuboid, navicular), and hindfoot 
(calcaneus and talus). In the hindfoot, the calcaneus ossifies first. Periosteal bone 
formation occurs on the inferolateral aspect of the calcaneus in a 93-mm fetus [21]. The 
endochondral center of ossification appears at 125mm [22]. Both talus and calcaneus are 
primarily cartilaginous at birth and have small ossific nuclei [23-29]. The talus may begin 
to ossify in the eight lunar month, but an ossification center is not always present at birth 
[22]. The cuboid is the last tarsal element that exhibits prenatal ossification; it develops 
an ossific nucleus just before or after birth. The navicular remains entirely cartilaginous 
for one or two years [1, 30-32]. At age 1 year in girls and 1.5 years in boys, the foot has 
achieved half the adult dimension. The skeletal development changes initiated during the 
fetal period continue until adulthood. 
1.1      Clubfoot Deformity and Ponseti Technique 
Clubfoot or talipes equinovarus, a complex foot deformity readily apparent at birth, may 
be classified into four types: teratologic, syndromic, positional and congenital. The origin 
of congenital clubfoot in otherwise normal patients has remained unknown. Etiological 
theories include intrauterine molding defect, blastemic defect of the tarsal cartilage, 
primary nerve lesion with secondary muscle dysfunction, vascular abnormalities, arrested 
embryonic development, abnormal tendon insertions, and primary fibrotic contracture. 
The most widely accepted is that of polygenic inheritance modified by environmental
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Figure 1.2. Bones of the foot: Axial view (top) showing the forefoot at the top, mid-foot 
in the middle, and hind-foot in the bottom; Lateral view (bottom) displaying the same 
from right to left (From Handbook of orthopaedic emergencies. Philadelphia: Lippincott 
Raven, 1999 [33]). 
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Figure 1.3. The ankle (From Handbook of orthopaedic emergencies. 
Philadelphia: Lippincott Raven, 1999 [33]). 
 
Factors [1].  Congenital clubfoot occurs in up to 1 in 1000 live births and is the most 
common type of clubfoot. It has a male predominance of 2:1 and an incidence of 
bilaterality of about 50% [1]. A primary deformity of the talus is believed to be the basis 
of congenital clubfoot. Talar abnormalities have been found in all categories of clubfoot, 
raising the question as to whether they are primary or secondary [34].  
The ossification of short or irregular bones such as talus mainly proceeds as 
endochondral ossification, but it has been shown by some investigators that periosteal 
bone formation is also present in the normal talus and calcaneus [21, 35-37], and the 
existence of cortical bone has been pointed out for the clubfoot talus [34]. The 
ossification center of the normal talus normally forms near the geometric center of the 
talus, whereas in clubfoot it is situated eccentrically in the neck which includes the non-
articulating surfaces of the talus, and more laterally than that of the normal talus. 
Periosteal bone joins the endochondral ossification center below (surfaces of the sinus 
and canalis tarsi), and in well-differentiated specimens also above (tibiotalar joint) [36].  
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The normal ossification of calcaneus occurs in a precise sequence of perichondral 
and endochondral ossification [37]. Within the clubfoot calcaneus, the coordination of 
perichondral and endochondral ossification is disturbed, ossification grooves and 
associated cartilage canals are not found in regular positions, and the process of 
endochondral ossification is disrupted [37]. The ossific nuclei in the calcaneus and talus 
are smaller in clubfoot than normal [24], and the appearance of an ossific nucleus in the 
cuboid and navicular is delayed [38].  
All clubfeet are not of the same severity, although all have the basic components 
of adduction and inversion of the forefoot and midfoot, heel varus, and fixed equinus (see 
Appendix A and Figure 1.4). The primary abnormality in clubfoot has been described as 
deformity of the anterior part of the talus, with the head and neck being shortened and 
angulated medially and plantarly [29, 39-40]. Other major deformities include 
talonavicular misalignment and medial shift of the navicular. The navicular articulates 
with the medial aspect of the talar neck, and is wedge-shaped laterally, with a prominent 
tuberosity. The calcaneus is small, often with an absent anterior facet. The calcaneus is 
also medially shifted beneath the talar head and rotated to a considerable degree. 
Calcaneus and talus display parallelism on both the AP (anteroposterior) and lateral 
radiographs indicating hindfoot varus and equinus. In unilateral deformities, the foot is 
smaller on the noninvolved side.  
Clubfoot deformity, regardless of origin, often results in a severe handicap unless 
corrected. The primary treatment for clubfoot has consisted initially of manipulation and 
bandaging or splinting [41-43]. With the advent of simple surgery (Achilles tenotomy 
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[44-45]) in the mid 19th century, and then the possibility of more complex surgery (hind-
foot osteotomies, ligament releases[42-43]) as a result of anesthesia and antiseptic 
surgery in the late 19th century, surgery became more popular as a result of unsuccessful 
non-operative treatment.  Kite, seeing many patients with neglected clubfoot, advocated 
in the late 1930s repeated gentle manipulations without anesthesia and stressed the 
importance of sequentially correcting the adduction, varus, and equinus rather than 
correcting them together [46]. While the point is difficult to document in the literature, 
Mosca suggests many could not replicate the results reported by Kite and others [18]. 
McKay [47] for example, suggested the rate of correction by casting is only 5%, but most 
authors report substantially higher numbers, up to 84-90% [48-49]. Failure to achieve 
correction perhaps explains the seeming late 20th century popularity of surgery for 
clubfoot even in infants, and was likely related to two major factors: 1) initiation of 
treatment too late to influence the adaptation of the cartilage anlage, 2) inappropriate 
application of manipulation and splinting or casting. 
Ponseti [29, 40] in the late 1940s and 1950s, recognizing the failures of surgery, 
and manipulation and casting, developed an approach to manipulation and corrective 
casting which many authors have found successful [50-55]. He emphasized four 
deformities: varus, adductus, cavus, and equinus.  In contrast to Kite’s suggestion of 
sequential correction, he proposed correcting the first three together with the rationale 
that the motions of the hind-foot anlagen are linked and cannot be separated as Kite had 
suggested, and claimed that attempting to do so would effectively block correction and 
induce deformity. On the other hand Ponseti argued that after the first three were
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Figure 1.4. Ponseti’s classic diagrammatic figure clarifying the relationships among the 
bones on the anteroposterior view of a normal foot (left), a foot with metatarsus adductus 
(middle), and a clubfoot (right). Hollow arrows indicate the sites and directions of 
molding during corrective cast manipulation and plaster cast application (Source: I. V. 
Ponseti; JBJS 1966; 48(4):702-11 [56]). 
 
corrected, equinus (which is not kinematically linked to the other three but relates 
primarily to a tight heel cord) could be independently corrected (Figures 1.5, 1.6). 
Despite the numerous studies describing the deformities and making comparisons 
between the normal and clubfeet, there is little information on the presumed mechanism 
by which serial casting corrects these deformities and induces shape changes. The most 
common view [17-19] suggests that the casting loads produce stretching of tight 
ligaments, capsule and tendons which then somehow restore more normal boney 
16 
 
architecture. No evidence is available to support this view and no mention is made of the 
anlagen and their abnormal shape or if and how these shapes are corrected. 
 
 
 
 
 
 
 
 
 
 
 
 
 
Figure 1.5. Ponseti treatment: (A) 
Stabilizing the talus by placing the 
thumb over its head provides a pivot 
point around which the foot is 
abducted. The index finger of the 
same hand is place behind the lateral 
malleolus to further stabilize the 
ankle joint, (B) Abduction of the 
foot. The lateral motion of the 
navicular and of the anterior part of 
the calcaneus increases as the 
clubfoot deformity corrects  (From 
Clubfoot: Ponseti Management; 
Global-HELP Publications). 
Figure 1.6. Ponseti cast sequence. 
The first cast shows the correction 
of the cavus and adductus while 
the foot remains in marked 
equinus. Casts 2 through 4 show 
correction of adductus and varus. 
The equinus deformity gradually 
improves with correction of 
adductus and varus (because the 
calcaneus dorsiflexes as it abducts 
under the talus). Full correction of 
equinus requires a heel cord 
tenotomy (From Clubfoot: Ponseti 
Management; Global-HELP 
Publications). 
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CHAPTER 2.  MECHANICAL REGULATION OF GROWTH, OSSIFICATION, AND 
ADAPTATION 
2.1 Experimental Evidence 
Mechanical stimulation experimentally influences skeletal cell metabolism. 
Mechanotransduction, or the conversion of a biophysical force into a cellular response, is 
an essential mechanism for a wide variety of physiologic functions which allow living 
organisms to respond to the mechanical environment [57].  
Endochondral ossification is an important process in osteogenesis, structural 
growth, and fracture healing which follows a sequence of events involving the 
proliferation of chondrocytes, chondrocyte hypertrophy, matrix mineralization, resorption 
of mineralized matrix by osteoclasts, and finally deposition of bone by osteoblasts (may 
remove). Many in vitro studies have shown that mechanical stimulation influences 
chondrocytes metabolism [58-70]. Wright et al. [71] reported chondrocytes responded to 
strains as low as 15 microstrain. In a study by Tanck and coworkers [72], it was found 
that the largest strains occurred where hypertrophied chondrocytes were present, and 
concluded it is likely that strain influences mineralization process. In vitro organ culture 
models of fetal murine metatarsal bones have been used to determine the effects of 
different biophysical stimuli on the process of endochondral ossification [73-75], where 
hydrostatic compression was found to stimulate chondrocyte hypertrophy and the 
extracellular matrix mineralization. Burger et al. [73] tested effect of intermittent 
compressive force (ICF) and continuous compressive force (CCF) on ossifying long 
bones and calvarial rudiments, and reported that ICF did not accelerate the onset of 
cartilage hypertrophy, but once a hypertrophic zone had developed, ICF accelerated 
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mineralization in this zone. In these studies the effect of hydrostatic stress was ascribed to 
development of shear stresses at the interface of mineralized and non-mineralized tissue. 
In an investigation of influence of ICF and CCF on calcification of growth plate cartilage, 
Klein-Nulend and colleagues [76] reported that hypertrophic chondrocytes responded 
directly to ICF and CCF by an increased deposition of calcium-phosphate mineral in the 
matrix, and that discontinuous mechanical stimulation evoked a higher cellular response 
than did continuous stimulation.  
Mechanical loading of bone not only deforms the bone tissue, but also causes 
movement of extracellular fluid through the bone’s lacuno-canalicular system. Such fluid 
flow may stimulate bone cells via wall shear stress, streaming potentials, or chemo-
transport related effects [77-79]. It is hypothesized that the osteocytes and bone lining 
cells detect mechanical signals and communicate those signals to the bone surface. 
Soluble mediators which include prostaglandins (PGs) and nitric oxide (NO) are released 
and cause the recruitment and/or differentiation of osteoblasts from proliferating and 
nonproliferating osteoprogenitor cells [80]. Explants cannot be used for experiments of 
longer than 24 hours duration, so many investigators have used bone cells in primary 
cultures or cell lines [81]. Glucksmann [82] pioneered studies on mechanotransduction 
using biologic materials to apply loads to bone cell cultures. More recently, hydrostatic 
compression, longitudinal and axisymmetric substrate distension, substrate bending, fluid 
shear, and combinations of these models have been developed to mimic the physiological 
components of the mechanical stimuli presumed to occur in vivo. These methodologies 
have been reviewed by Brown [83]. The response of bone cells to the varied mechanical 
stimuli has provided some insight  into the relative importance of each type of stimulus to 
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the ultimate generation of an adaptive response [81]. There is growing body of evidence 
that fluid flow within the canaliculi and lacunae of bone is primarily responsible for 
mechano-chemical signal transduction in bone cells [80]. The dominant determinant of 
the bone cell’s response to this fluid flow is hypothesized to be due to fluid shear stresses 
that stimulate cell wall processes [84-87], causing cell deformation and subsequent 
metabolic activity via integrins and the cytoskeleton [81], however, it is more than 
probable that bone cells respond to more than one component of their mechanical 
environment. This is suggested strongly by the ability of mechanical strain as well as 
fluid flow stimuli to promote bone cell activity [84, 88-89]. Since in vivo loading is 
always accompanied by fluid flow, bone cells may respond to changes in their strain 
environment via an integrated assessment of changes in multiple parameters associated 
with both fluid flow and physical deformation [81].  
2.2 Theoretical Modeling  
Growth and remodeling are fundamental processes in the development of tissues. This 
field has been an important research topic in biomechanics over the recent decades (Refer 
to articles by Humphrey [90] and Taber [91] for numerous related references). The 
description of the biological process of growth and remodeling is of interest both because 
of its importance as a fundamental mechanical process that occurs in normal development 
and in a number of pathological conditions, and because it offers an interesting and 
unusual application of continuum mechanics.  
A number of earlier authors constructed kinematical descriptions of growth using 
the methods of continuum mechanics, but the work of Hsu [92], Cowin and Hegedus 
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[93], Skalak [94], and Skalak et al. [95] are the initial efforts made to formulate 
mechanical theories to describe the growth of biological tissues. Growth is the process of 
gradual increase of net volume of a tissue, but it may also include some resorption. A 
distinction is made between growth on the surface (appositional) and within the substance 
(interstitial) of the tissue. Hard tissues such as bone and teeth grow by apposition, and 
soft tissues grow interstitially [96]. 
During the past quarter century, mechanical theories of growth have been 
formulated beginning with a study of uniform growth by Hsu [92], and the theory of 
adaptive elasticity proposed by Cowin and Hegedus [93], whereby they proposed general 
forms for stress-growth constitutive relations. These initial theories laid down the 
foundation for later work. Skalak [94-95] formalized the general kinematic descriptions 
of finite volumetric and surface growth. Fung [97-98] postulated a relatively simple 
relation between stress and growth rate. Later, combining and extending ideas of Fung, 
Skalak and coworkers, Rodriguez et al. [99] formulated a continuum theory that accounts 
for the coupling between stress and finite growth. This work characterizes the change in 
tissue mass through a multiplicative decomposition of the deformation gradient into a 
growth part and an elastic part, as first introduced in the context of plasticity by Lee 
[100]. In this approach mass changes are attributed to change in volume while the density 
remains constant.  
Volumetric growth, from a mechanics perspective, is analogous to thermal 
expansion as pointed out by Skalak [94]. In linear elastic problems, growth (and thermal) 
stresses can be superposed on the mechanical stress field, but in nonlinear problems 
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another approach must be used. The fundamental idea is to refer the strain measures in 
the constitutive equations of each material element to its current zero-stress 
configuration, which changes as the element grows. This approach has been classically 
applied to model soft tissues undergoing large deformations, e.g. the arterial wall.  
In bones, all growth can be classified as surface growth [91]. Bone grows primarily by 
accretion or resorption at a surface. Even internal growth is due to deposition on surfaces, 
such as the surfaces of the trabeculae or the walls of canals excavated by osteoclasts. 
Bone growth has received less attention than bone remodeling for a couple of reasons: (1) 
As Wolff [101] stated, modification of external form of the bone is often secondary to 
internal remodeling. (2) Moving boundary-value problems are often more difficult to 
solve than those with fixed boundaries. A variation of the adaptive elasticity theory is the 
surface growth theory of Cowin and Van Buskirk [102], which uses some average strain 
as the remodeling stimulus. It has formed the basis of several computational models. For 
example, Hart [103] developed a three-dimensional finite-element model that accounts 
for growth as in [102] and also includes internal remodeling by using a rate of change in 
solid volume fraction as developed by [93]. 
Remodeling involves changes in the internal architecture, apparent density, and 
(or) material properties while the overall volume remains unaffected. Although in 
principal applicable for small and large strain, this approach is typically adopted for hard 
tissues, e.g. bone, which usually undergo small strain deformations. Theories for bone 
remodeling have been proposed primarily by two groups of investigators. As mentioned 
earlier, Cowin and coworkers developed a continuum-mechanics-based formulation 
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which they call the adaptive elasticity theory. Cowin originally developed a form of this 
theory for cancellous bone [104-106], and Torezen and Skalak [107] extended it to soft 
tissues. In their theory apparent density and trabecular architecture are generally treated 
separately. The other approach which accounts for both simultaneously was developed by 
Carter and colleagues. This theory uses an average measure of the entire stress history for 
the remodeling stimulus. Variations of this theory have been used to study bone 
development including ossification, adaptation, and fracture healing [108-109].  
For creating phenomenological models for tissue growth and adaptation, a 
parameter must be selected to represent the effect of mechanical loading on the 
development of the tissue. Biomechanical models have examined various mechanical 
quantities such as stress, strain or strain energy in the tissue as possible modulators of 
growth and remodeling. It is not clear however which mechanical quantity better explains 
these phenomena. Experimental data can be found in support of each. Furthermore, the 
driving-mechanism may be tissue-dependent and therefore, a universal law may not exist 
[91, 99]. Cowin [110] argued that strain is the most likely candidate since it is a primary, 
directly measurable, physical quantity that can be measured by stretch-activated 
receptors, whereas stress is an abstract concept that can be measured only indirectly. On 
the other hand, strain depends on the choice of a reference configuration, which may not 
be well-defined especially in soft tissues which undergo large deformations. The loading 
rate of deformation has been suggested as a stimulus since shear stress caused by fluid 
flow over the endothelial and bone cells is a stimulus for their activity, and shear stress is 
proportional to the rate of deformation of the fluid.  Furthermore, the loading rate of 
deformation is an instantaneous kinematic measure independent of the reference 
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configuration and therefore, does not have the disadvantage of excluding strain as a 
growth stimulus [96]. Carter et al. [111] favor strain energy or an effective cyclic stress. 
They hypothesize heat energy generated during cyclic loading may trigger chemical 
reactions. Moreover, they showed for small strains that stress, strain, and strain-energy 
criteria all have similar mathematical forms. Carter and coworkers argue that hydrostatic 
pressure inhibits cartilage growth and ossification, while octahedral shear stress 
accelerates ossifications.  
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CHAPTER 3.  STRUCTURE AND COMPOSITION OF CARTILAGE AND 
BONE 
The musculoskeletal system consists of skeletal connective tissues (bone, cartilage, and 
dense fibrous tissues) and muscle that make possible movement. A tissue is a collection 
of cells, and extracellular matrix specialized to perform specific functions. The 
extracellular matrix (ECM) is an active scaffold that endows the tissue with its strength 
and resilience and regulates cell shape, orientation, movement, and overall function. The 
matrices of the musculoskeletal tissues consist of highly organized frameworks of 
organic macromolecules with water. These matrices are in the form of fibrils of multiple 
types of proteins (e.g. elastin, collagen, fibronectin), embedded in a ground substance 
consisting primarily of water and proteoglycans. The matrix contains another class of 
macromolecules called noncollagenous proteins. Each tissue has a unique combination of 
these classes of macromolecules. In addition to an organic matrix, bone has an inorganic 
matrix which consists primarily of calcium phosphate. The differences in the matrix 
composition and structure give the skeletal connective tissues different mechanical 
properties. Hyaline cartilage has the ability to resist compression, distribute loads and 
provide low friction surfaces in joints. The dense fibrous tissues (e.g. tendons and 
ligaments) have tensile strength and flexibility, and bone has strength and stiffness for 
providing a rigid support for normal function of other tissues. Collagens give the 
connective tissues their basic form and tensile strength. Tissues vary in collagen 
concentration and organization, and in their types of collagen. All collagens function as 
structural proteins in the matrix with a significant portion of each collagen molecule 
consisting of a triple helix formed from three amino acid chains. Differences in molecular 
25 
 
topology and polymeric form divide the known collagen types into three classes: fibrillar 
collagens (class I), basement membrane collagens (class II), and short chain collagens 
(class III). 
Class I collagens – Five collagen types are in this group: types I, II, III, V, and IX. 
Type I collagen forms Collagen type I forms the main matrix macromolecule of skin, 
bone, meniscus, annulus fibrosis, tendon, ligament, joint capsule, and all other dense 
fibrous tissues. Type II collagen forms the fibrils found in hyaline cartilage, the nucleus 
pulposus, and the vitreous humor of the eye. The “minor” fibrillar collagen types, V and 
XI, also are present in the matrices of connective tissues. Type V forms part of the matrix 
in tissues containing type I (~3% of type I amount), and type XI forms part of the type II 
collagen fibrils. Type III collagen is found in association with type I in most tissues other 
than bone. This type of collagen also appears in repair tissue. 
Class II collagens - These include types IV, VII, and VIII, which form critical 
parts of basement membranes.  
Class III collagens – This class include collagen types VI, IX, and X with less 
understood form and function than the other types. Collagen type VI appears in small 
quantities in many tissues. Type IX forms covalent bonds with collagen type II molecules 
and thus contributes to the matrix of hyaline cartilage. Type X occurs in calcified 
cartilage, articular cartilage, and one fracture callus. 
Proteoglycans (PG) are the major nonfibrillar macromolecule of cartilage, 
intervertebral disc, dense fibrous tissue, bone, and muscle tissue. The highest PG 
concentration occurs in hyaline cartilage and nucleus pulposus. The dry weight 
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concentration may reach up 30-40% in these tissues. In fibrous tissues and bone, they 
contribute at most a few percent of the dry weight.  
PG molecules are the basic units of PG aggrecan. Aggrecan consists of protein 
core filaments with covalently bound side chains. Connective tissue glycosaminoglycans 
include hyaluronic acid, chondroitin 4 sulfate, chondroitin 6 sulfate, dermatan sulfate, 
and keratin sulfate. They are negatively charged and bind water and cation in the 
solution. Aggrecans can expand because of this property. An intact collagen fibril 
network limits the swelling (Figure 3.1). 
3.1 Cartilage  
Cartilage consists of cells embedded within an abundant extracellular matrix. The cells 
make up 5% of the tissue volume and the matrix contributes about 95%. Tissue fluid 
forms the largest component of cartilage. Depending on its type and age, water 
contributes 60 to 80% of the wet weight of cartilage. The structural macromolecules form 
20 to 40% of the wet weight, and include collagens, proteoglycans, and noncollagenous 
proteins (Figure 3.2). Differences in matrix composition, mechanical properties, and 
microscopic and gross appearance differentiate three types of adult human cartilage: 
hyaline, fibrous and elastic cartilage. Hyaline cartilage, the most abundant form of 
cartilage, forms most of the skeleton before it is removed and replaced in the process of 
endochondral ossification. It also forms the physeal cartilage that produces longitudinal 
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bone growth before the skeletal growth ceases. It persists in adults in several forms 
including articular cartilage and nasal cartilage.  
 
 
Figure 3.1. Schematic representation of an aggregating proteoglycan monomer (From V. 
C. Mow et al., Biomechanics of diarthrodial joints, Vol. I; 1990 [112]). 
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Figure 3.2. Schematic representation of cartilage molecular organization. Collagen and 
proteoglycan interact to form a porous solid matrix that is swollen with water (From V. 
C. Mow et al., Biomechanics of diarthrodial joints, Vol. I; 1990 [112]). 
 
Hyaline cartilage does not contain elastin. In most hyaline cartilages, collagens 
contribute about 50% of the tissue dry weight, proteoglycans about 30-35%, and 
noncollagenous proteins about 15-20%. Type II collagen fibrils form the cross-banded 
fibrils accounting for 90-95% of total hyaline cartilage collagen. Hyaline cartilage 
contains at least two other types of collagen, types IX and XI, and may contain trace 
amounts of other types. Type X collagen is also present in the mineralizing regions of 
articular cartilage and growth plate cartilage.  
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Hyaline cartilage has a high concentration of large aggregating proteoglycans that 
give the tissue its unique material properties in compression. It also contains smaller 
nonaggregating proteoglycans like those found in dense fibrous tissues. The large 
aggregates help control fluid flow in the tissue. Noncollagenous proteins also have an 
important role in hyaline cartilage, such as increasing the size of PG aggregates, and 
establishing and maintaining the relationships between the chondrocytes and the matrix 
macromolecules. 
Two important forms of hyaline cartilage, namely articular cartilage and growth 
cartilage are discussed below. 
Articular Cartilage 
Articular cartilage is located at the end of articulating bones and provides for a lubricated 
load bearing and low-friction surface with remarkable durability. It minimizes the stress 
on subchondral bone by distributing loads. Though at most only a few millimeters thick, 
it has a highly organized architecture. It can be divided into four zones: the superficial 
zone, the intermediate (middle or transitional) zone, the deep or radial zone, and the 
calcified cartilage zones. The matrix composition, water content, collagen fibril 
orientation, cell alignment and morphology vary across zones.  
Growth Cartilage 
Bones elongate by growth of the cartilage in the growth plates. The growth cartilage 
increases its volume by synthesis of new matrix and cell swelling. It has a zonal 
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organization that differs considerably from that of articular cartilage. The growth plate 
layers consist of resting or reserve zone, proliferative zone, and hypertrophic or maturing 
zone. The cells in the resting zone show relatively little evidence of metabolic activity. In 
the proliferative zone, the chondrocytes divide rapidly and synthesize a new matrix. The 
cells in this zone assume a highly oriented flattened shape. Toward the bottom of this 
zone, the proliferative cells begin to enlarge creating the hypertrophic zone. In the last 
part of the hypertrophic zone is the zone of provisional calcification. 
3.2  Bone 
Bone matrix consists of mesenchymal cells (undifferentiated or osteoprogenitor cells, 
osteoblasts, osteocytes, and osteoclasts) and an extracellular matrix. The matrix consists 
of organic macromolecules, inorganic mineral, and the matrix fluid. The inorganic 
component contributes about 70-80% of the wet weight of the bone. The organic 
macromolecules constitute about 20% of the wet weight, and the water about 8-10%. The 
organic component gives the bones its form and tensile strength, and the mineral 
component provides it with compressive strength. Type I collagen constitutes over 90% 
of the organic matrix. 
Bones span a variety of shapes and sizes. On the microscale, the osseous tissue 
has two forms: the cortical or compact bone, and the cancellous, trabecular or spongy 
bone. As appears form its name, cancellous bone has a spongy form, thus has a higher 
surface area but is less dense, softer, weaker, and less stiff than the cortical bone. It 
typically occurs at the ends of long bones, proximal to joints and within the interior of 
vertebrae. The porosity of the trabecular bone may range from approximately 0.30 to 
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more than 0.9 [113], where the pores are filled with marrow. On the contrary, the 
compact (cortical) bone has very low porosity of approximately 0.05 to 0.3 [113]. The 
pores in the cortical bone consist of Haversian canals which contain capillaries and 
nerves, the Volkmann’s canals which are connections between the Haversian canals, and 
the resorption cavities which are temporary spaces in remodeling. Cortical bone forms 
about 80% of the skeleton and as its name implies, it surrounds the thin bars or plates of 
cancellous bone with compact lamellae. 
On the macroscale, bones are classified into three groups based on their shape: 
long, short, and flat bones. Examples of long bones are the tibia, femur, and humerus that 
have an expanded metaphysic and epiphysis at either end with a thick walled tubular 
diaphysis made of cortical bone that surrounds a marrow cavity containing little or no 
trabecular bone.  The metacarpals, metatarsals, and phalanges have the form of long 
bones. Short bones, like tarsals and carpals, have approximately the same length in all 
directions. They usually have thinner cortices than the diaphyses of long bones and 
contain cancellous bone. In flat bones, like the scapula, there is one dimension that is 
much shorter than the other two. 
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CHAPTER 4.  BIPHASIC MODELS OF MECHANICAL BEHAVIOR OF SOFT 
TISSUE 
4.1 Review 
Various models have been used to describe the biomechanical behavior of soft connective 
tissue under uniaxial compressive loading, including elastic [114], biphasic [4], triphasic 
[9], poroviscoelastic [115-116], fibril-reinforced [117-118], and transversely isotropic 
models [5, 119]. The biphasic theory developed by Mow et al. is one simple yet 
descriptive and widely used model which is well applicable to any biphasic tissue in the 
body (mature cartilage, meniscus, ligaments, etc.).  
Tissues can be classified as mixture-composites, for they consist of multiple solid 
constituents, with bound and unbound water. It is therefore natural to apply the concept 
of mixtures to describe certain behaviors of soft tissues, particularly those due to 
significant exchanges of mass, momentum or energy between constituents. The 
continuum theory of mixtures in its modern form was presented by Truesdell in 1957 
[120]. V. C. Mow and colleagues were the first to apply the continuum mixture theories 
for biological tissues, specifically articular cartilage [4]. The so-called biphasic theory is 
the most traditional model of cartilage that assumes cartilage as an isotropic 
homogeneous tissue composed of two intrinsically incompressible phases: an interstitial 
fluid phase and an elastic solid phase.  
In the classical biphasic theory [4] cartilage matrix was assumed linear elastic. To 
describe the nonlinear behaviors of cartilage in large deformations, a finite deformation 
biphasic theory was formulated by Mow and colleagues [16]. Later, Kwan and coworkers 
33 
 
[121] suggested a finite deformation constitutive law for the nonlinear response of the 
solid phase, which was refined later by Holmes [122] and then by Holmes and Mow [16]. 
These models assume the solid phase of the cartilage to be hyperelastic and isotropic.  
Although successful in predicting the response of tissue in confined compression, 
the isotropic, homogeneous form of biphasic theory has had shortcomings in predicting 
viscoelastic behaviors of inhomogeneous and anisotropic materials such as articular 
cartilage in other testing geometries, e.g., unconfined compression and indentation 
experiments. Under the general framework of the biphasic theory many mechanical 
models employing higher levels of tissue material complexity have been proposed. 
Effects of intrinsic viscoelastic behavior of the solid matrix were introduced into 
the framework of biphasic theory by Mak [123] based on the quasi-linear viscoelasticity 
model of Fung [124]. This addition improved the prediction of the model in unconfined 
compression as well as material parameter determinations. First attempts at describing the 
anisotropy of cartilage were made by Cohen et al. incorporating a transversely isotropic 
material tensor for the solid matrix [5], which improved the predictive power in 
unconfined compression capturing the high ratios of peak to equilibrium stresses in 
unconfined compression. However, Bursac et al. [125] showed the model was unable to 
simultaneously explain the high peak-equilibrium stress ratios in unconfined compression 
test and fit the radial stresses in a confined compression experiment.  
More recent effort by Soulhat et al. [7] incorporated a fibrous microstructure into 
the linear elastic biphasic theory demonstrating better agreement between the theoretical 
predictions and experimental data from unconfined compression. The nonlinear tension-
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compression property of the matrix was modeled by Soltz and Ateshian [8] based on the 
concept of conewise linear elasticity [126]. The model accurately predicted deformational 
behaviors and fluid pressure in confined compression [127]; however, it could not 
describe the viscoelastic response of cartilage under uniaxial tension well [128]. This 
suggests that the intrinsic viscoelastic (fluid-independent) property of the solid matrix 
reveals itself in tension. The biphasic-CLE-QLV model proposed by Huang et al. [128] 
combines the two previous extensions of the classical biphasic theory, namely the 
biphasic poroviscoelastic [123], and the biphasic conewise linear elastic [8] models. This 
theory was able to predict the tensile response of cartilage very well in addition to both 
confined and unconfined compression behaviors [128-129].  
4.2 Formulation of the Biphasic Theory 
The finite deformation biphasic theory is able to describe two different classes of 
nonlinear material behavior: those arising from strain-dependent permeability effects 
under infinitesimal strain conditions, and those associated with the finite deformation of 
the solid matrix.  
The continuity equation for a biphasic medium with both phases intrinsically 
incompressible is given by 
                                          ׏. ሺ߶௦࢜௦ ൅ ߶௙࢜௦ሻ ൌ 0              (4.1) 
where ߶௦ and ߶௙are volume fractions for the solid and fluid respectively, ࢜௦and ࢜௙are 
velocity vectors of solid and fluid phases. Because the matrix is saturated the volume 
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fractions also satisfy: ߶௦ ൅ ߶௙ ൌ 1. For quasi-static situations, the equations of motion of 
the phases are: 
ߘ. ࢙࣌ ൅ ࣊ ൌ ૙, ߘ. ࣌ࢌ െ ࣊ ൌ ૙ (4.2a,b) 
where ࢙࣌, and ࣌ࢌare the stress tensors acting on the solid and fluid phases respectively, 
and ߨ is the interaction force between the two phases, often called the momentum supply 
from one to the other. The momentum exchange is given by 
࣊ ൌ ܭሺ࢜௙ െ ࢜௦ሻ ൅ ݌׏߶௦                                                (4.3) 
where ܭ is the diffusive drag coefficient, which was shown by Lai and Mow [130] to be 
related to the permeability ݇ through: ݇ ൌ ሺ߶௙ሻଶ ܭ⁄ .  
The Cauchy stresses are given by 
࢙࣌ ൌ െ߶௦݌ࡵ ൅ ࣌ࡱ                                                  (4.4a) 
࣌ࢌ ൌ െ߶௙݌ࡵ                                                       (4.4b) 
࢚࣌ ൌ ࢙࣌ ൅ ࣌ࢌ ൌ െ݌ࡵ ൅ ࣌ࡱ                                             (4.4c) 
where ࢚࣌ is the total stress, ݌ is the fluid pressure, ࡵ is the identity tensor, and ࣌ࡱ is the 
elastic component of the solid stress (effective solid stress tensor representing the portion 
of the solid stress in excess of the fluid pressure). The solid and fluid fractions are related 
to the tissue dilatation. The solid phase fraction for a general three-dimensional motion 
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has the form ߶௦ ൌ ߶଴ √ܫଷ⁄   where ߶଴ is the initial solidity. It follows accordingly that 
߶௙ ൌ 1 െ ߶଴ √ܫଷ⁄ .  
Two constitutive laws are required to make the model complete: one for the strain 
energy function (to determine ߪா) , and one for permeability (to determine ܭ) where both 
have to satisfy certain conditions detailed by Holmes and Mow [16]. For small strains Lai 
and Mow [130] found that the permeability is an exponential function of the infinitesimal 
strain. Based on that observation, Holmes and Mow [16] considered the following form 
for permeability in finite deformations: 
݇ ൌ ݇଴ ቈ ߶଴߶
௙
ሺ1 െ ߶଴ሻ߶௦቉
ଶ
expሼܯሺܫଷ െ 1ሻ/2ሽ (4.5)
where ݇଴ is the permeability when the tissue is not loaded, ݇ is a positive parameter that 
measures how fast the permeability approaches zero as  a result of alterations in tissue 
porosity, and ܯ is comes from the observation of exponential dependence of 
permeability on compressive strain. 
For finite deformations, Holmes and Mow [16] suggested the following 
Helmholtz free energy function ߰௦ for the solid phase: 
 ߩ଴௦߰௦ ൌ ߙ଴ ݁
ఈభሺூభିଷሻାఈమሺூమିଷሻ
ܫଷఉ
 (4.6)
where, to satisfy the Baker-Ericksen inequalities, ߙ଴ must be positive, and ߙଵ and ߙଶ 
must be non-negative with at least one being non-zero. The stress is assumed to be zero at 
equilibrium, so ߚ ൌ ߙଵ ൅ 2ߙଶ. 
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For infinitesimal strains, the KLM (Kwan, Lai, and Mow) theory assumes the 
solid phase is a linearly elastic material, and the fluid phase is a Newtonian viscous fluid. 
Under these conditions, the stress-strain relationship becomes 
࣌ࡱ ൌ ߣ௦ݐݎሺࣕሻࡵ ൅ 2ߤ௦ࣕ                                           (4.7) 
where ߣ௦ and ߤ௦ are the Lame constants of the elastic solid matrix, namely the elastic 
bulk modulus and the elastic shear modulus respectively. The constants can be written as 
follows in terms of Young’s modulus, ܧ௦, and Poisson’s ratio, ߥ௦: 
 ߣ௦ ൌ ߥ௦ܧ௦ሺ1 ൅ ߥ௦ሻሺ1 െ 2ߥ௦ሻ (4.8a)
 ߤ௦ ൌ ܧ௦2ሺ1 ൅ ߥ௦ሻ (4.8b)
Reduction to the One-Dimensional Confined Compression Case 
Let ܼ denote the material coordinate for the solid in the ݖ direction, and ܷሺܼ, ݐሻ be the 
axial deformation expressed in a material reference frame. In the one-dimensional ultra-
filtration case (Figure 4.1), the invariants are related to stretch as follows: ܫଵ ൌ 2 ൅ ߣଶ, 
ܫଶ ൌ 1 + 2ߣଶ, I3 ൌ ߣ2 where ܫଵ, ܫଶ, and ܫଷ are the three principal invariants of the Cauchy-
Green deformation tensor for the solid phase, and the stretch in the ݖ direction, ߣ, is given 
by ߣ ൌ 1 ൅ ߲ܷ ߲ܼ⁄ . 
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Since the theory assumes that the solid is hyperelastic, and because of the 
assumption of homogeneity and isotropy, ߰௦ can be written in terms of the invariants of 
the strain tensor. The equation that relates ߰௦ and the stress for such materials is [122] 
 ࣌ࡱ ൌ 2ρ଴௦ ߣ ൬߲߰
௦
߲ܫଵ ൅ 2
߲߰௦
߲ܫଶ ൅
߲߰௦
߲ܫଷ ൰ (4.9) 
 In the confined compression experiment, where a circular plug is compressed 
axially in a cylindrical chamber with impermeable frictionless walls and porous 
permeable loading platens, the principal stretches reduce to: ߣଵ ൌ 1, ߣଶ ൌ 1, ߣଷ ൌ ߣ and 
using the Helmholtz energy function above (Equation 4.6), the axial stress-stretch law 
becomes: 
 ߪா ൌ 12ܪ஺଴ ቆ
ߣଶ െ 1
ߣଶఉାଵ ቇ ݁
ఉ൫ఒమିଵ൯ (4.10)
ܪ஺଴ represents the aggregate modulus and ߚ is a non-dimensional compressive-stiffening 
coefficient describing the sensitivity of ߪா to large strains [16]. The governing equations 
of the finite deformation of the tissue are simplified as follows as shown by Holmes 
[122]: 
߲࣌ࡱ
߲ߣ
߲ଶܷ
߲ܼଶ ൌ
ߣ
݇
߲ܷ
߲ݐ  െ
݄
2 ൑ ܼ ൑
݄
2 , ݐ ൒ 0 (4.11)
with the initial condition ܷሺܼ, 0ሻ ൌ 0. The boundary conditions are ܷሺ݄/2,0ሻ ൌ 0, and 
ܷሺ0, ݐሻ ൌ ܷ଴ሺݐሻ/2  for stress-relaxation, and ߪாሺ0, ݐሻ ൌ ߪ଴ாሺݐሻ for creep experiments 
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[131] where the latter two are the prescribed surface displacement and a prescribed 
surface stress. The system of partial differential equation (Equation 4.11) along with the 
boundary conditions completes the formulation. Finally, the permeability in Equation 4.5 
takes the following form for one-dimensional compression: 
݇ ൌ ݇଴ ቈ ߶଴߶
௙
ሺ1 െ ߶଴ሻ߶௦቉
ଶ
expሼܯሺߣଶ െ 1ሻ/2ሽ (4.12)
The coefficient ܪ஺଴ above is the finite strain analogue of the aggregate elastic modulus 
ܪ஺ ൌ ߣ௦ ൅ 2ߤ௦ and it has been shown [16] that the stress equation (Equation 4.10) 
reduces to ߪா ≅ ܪ஺଴߳ under infinitesimal strain conditions. Under small strains Equation 
4.12 reduces to ݇ ൌ ݇଴߳ெ [130], where ߳ is the infinitesimal strain related to the stretch ߣ  
through: ߣ ൌ 1 ൅ ߳. Using this function for intrinsic permeability, the linear biphasic 
theory reduces to the so-called nonlinear diffusion equation for uniaxial confined 
compression tests in small strains [132]: 
 ܪ஺ ߲
ଶܷ
߲ܼଶ ൌ
1
݇଴ exp ൬െܯ
߲ܷ
߲ܼ൰
߲ܷ
߲ݐ  (4.13)
It is of interest to point out that the biphasic theory and the poroelastic theory 
[133] have a slightly different approach, but are equivalent when the fluid phase is 
inviscid. The biphasic theory specifies the tissue as a continuum of solid and fluid phases, 
whereas the poroelastic theory describes a continuous distribution of pores in the solid 
matrix. 
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Figure 4.1. Schematic representation of one-dimensional ultra-filtration of cartilage.
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CHAPTER 5.  MATERIALS AND METHODS 
5.1 Characterization of Talar Cartilage Anlage Mechanics 
5.1.1 Experiments 
Cartilage samples (n=16) were obtained from tali of two still-born fetuses in the third 
trimester (30 and 32 weeks of gestation). Seven were collected from the younger 
specimen and nine from the older. The fetal age was determined by measurement of 
crown-rump [134] lengths. The fetus legs were frozen when obtained and were kept 
frozen at -80o C until the day of dissection. The feet were thawed and carefully dissected 
to separate the tali, which were partly ossified (Figures 5.1 and 5.2). The tissue was 
sagittally sliced (thickness = 1.5 mm) using a manual tissue chopper with a stage whose 
advancement was controlled by a micrometer. Due to the presence of both bone and 
cartilage within the tali, obtaining uniform slices was not possible using a cryostat or 
vibrating microtome. One to four cartilage plugs were gathered from each slice using a 
biopsy punch with a diameter of 3.00 mm. Plugs were taken from the unossified regions. 
The thickness of cartilage plugs was measured individually at the time of the experiment. 
The mean ± standard deviation plug thickness was 1.61 ± 0.37 mm. The samples were 
submerged in phosphate-buffered saline (PBS) and frozen at −80o C until the day of 
testing.  
On the day of testing, samples were thawed at room temperature and allowed 1.5 
hours in PBS to equilibrate before the experiments. Each sample was first tested in 
confined compression, allowed to recover for 1.5 hours at room temperature, and finally 
tested in unconfined compression. The samples were submerged in normal saline solution
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(0.15 mol/L NaCl) containing enzyme inhibitors (2 mmol/L EDTA, 5 mmol/L 
benzamadine, 10 mmol/L N-ethylmaleimide, 1 mmol/L phenylmethylsulfonyl fluoride) 
during testing and recovery time between tests. A custom-designed testing apparatus 
(displacement resolution, 5 μm; force resolution, 0.6 mN) with a smooth stainless steel 
chamber was used for both test configurations.  
In the confined compression, the samples were placed inside a confining chamber 
with impervious walls and bottom (Figure 5.3) and loaded with a porous indenter (pore 
size, 50 μm; porosity, 40%). In the unconfined compression experiment, the samples 
were placed on an impervious surface using a flat solid indenter with a smoothly polished 
tip. In the latter configuration, all contact surfaces were lubricated with silicone grease to 
reduce friction.  
Figure 5.1. Dissected distal 
fibula and tibia, hind-foot bones 
(calcaneus and talus), and two 
mid-foot bones (navicular and 
cuboid). 
Figure 5.2. Sagittal slice of talus 
displaying the cartilaginous and 
ossified regions. 
 
43 
 
Before collecting the data, a preconditioning load of 3.3 N (0.47 MPa) was 
applied to the samples for 60 seconds and then removed, followed by a tare load of 0.06 
N (8.5 kPa) for 900 seconds. The thickness of each sample was measured after the tare 
load was applied right before each actual stress relaxation test. By taking readings from 
the load cell, the stepper motor revolutions which are convertible to length were counted 
from when the indenter touched the top surface of the plugs (when the force started to 
rise just above zero) until the prespecified tare load value was reached.  This value was 
subtracted from the pre-tare-load thickness which was measured in the same manner, to 
get the post-taring thickness that was used for analysis. The prescribed displacement 
history consisted of four ramps of 5% strain each at a displacement rate of 1 μm/second, 
followed by a stress relaxation period of 500 seconds. The stress relaxation period was 
chosen such that the change in the stress value at the end of the period was smaller than 
100 Pa/minute. The loading protocol was the same for both configurations.  
Reproducibility of the measurements was examined for both biologic (bovine 
ankle articular cartilage) and nonbiologic (rubber) reference samples. Repeated testing on 
the same sample in both confined and unconfined compression produced material 
parameters that varied by less than 10%. Dry weight of the tissue was calculated using a 
lyophilizer. 
Before deformation, photographs of the cartilage plugs were taken using a high-
resolution camera (Canon EOS Rebel XTi; Canon USA, Inc, Lake Success, NY) with a 
macro lens, fixed on a stage. The diameters were calculated by fitting a circle to the 
sample’s cross-section with a custom-written code using MATLAB (R2009a) image
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Figure 5.3. Experimental apparatus for confined and unconfined compression tests. 
 
processing toolbox (The MathWorks Inc., Natick, MA). The average sample diameter 
was 3.29 ± 0.14 mm.  
5.1.2 Parameter Extraction 
The data of the confined compression experiments were analyzed by applying the finite 
deformation biphasic theory [16], as adapted and investigated in finite deformations by 
Ateshian et al. [131]. The compressive mechanical properties of talus anlagen were 
determined. The initial aggregate modulus ܪ஺଴ and the related compressive-stiffening 
coefficient ߚ were extracted by fitting the finite deformation constitutive equations to the 
equilibrium stress-stretch data (Equation 4.10, Figure 6.2). The permeability parameters 
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(݇௢ and ܯ) were determined by using a custom-written code in MATLAB to find the best 
fit of Equations 4.11 and 4.12 to the transient stress-time data as obtained from the 
confined compression experiments (Figure 6.1). The Young’s modulus of the solid 
matrix was found by fitting a line to the equilibrium stress-strain data of the unconfined 
compression experiment (Figure 6.3). The following formula was used to assess the 
goodness of fits: 
 ݎଶ ൌ 1 െ ∑ሺݕ െ ݕ௘௦௧ሻ
ଶ
ሺݕ െ ݕതሻଶ  (5.1)
where ݕ represents the experimental variable, ݕ௘௦௧ is the theoretical variable, and ݕത is the 
mean value of ݕ [135]. The Poisson’s ratio was determined indirectly from solving the 
following equation for ߥ௦: 
2ܪ஺଴ߥ௦ଶ ൅ ሺܪ஺଴ െ ܧ௦ሻߥ௦ െ ሺܪ஺଴ െ ܧ௦ሻ ൌ 0                               (5.2) 
5.2 Development of a User Material Subroutine 
Soft hydrated tissues such as cartilage can be effectively modeled in commercial finite 
element software using their soil consolidation analysis [136-139]. Abaqus Unified FEA 
(SIMULIA, Providence, RI; formerly ABAQUS) has been used for this purpose 
extensively [140-143]. Throughout the text Abaqus is specifically referenced to, as our 
simulations were performed in that environment; however, the main focus remains 
general and can be implemented in any finite element program that allows user defined 
material behavior.  
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A hydrated porous medium is modeled in Abaqus as a multi-phase material where 
the total stress acting at a point in the medium is assumed to be made up of a macroscopic 
averaged pressure carried by the fluid (i.e. pore pressure) and an averaged effective stress 
carried by the solid matrix (i.e. effective stress). Using one specific case of the 
consolidation formulation in Abaqus in which the pores are saturated with only one fluid, 
i.e. the interstitial fluid, cartilage can effectively be modeled as a biphasic material. 
Mechanical properties of the solid matrix and the fluid must be provided to Abaqus. User 
defined material behavior can be defined in ABQUS through coding a user material 
subroutine (UMAT in Abaqus/Standard) by means of a programming interface (Fortran). 
The UMAT requires definition of the spatial tensor of elasticity and the Cauchy stress 
tensor. Assuming the tissue is isotropic hyperelastic, the strain energy function can be 
written in terms of the three principal invariants of its argument, and the stresses and 
elasticity tensors can be derived accordingly.  The elastic Cauchy stress is obtained from 
 
࣌ࡱ ൌ 2ߩ଴ ൤൬ܫଵ ߲߲߰ܫଶ ൅ ܫଷ
߲߰
߲ܫଷ൰ ૚ ൅
߲߰
߲ܫଵ ࡮ െ ܫଷ
߲߰
߲ܫଶ ࡮
ିଵ൨ (5.3)
 
where ܤ is the left Cauchy-Green deformation tensor and ߰ is the strain energy function 
(bold letters represent second order tensors when not shown in index notation). The 
choice of strain energy density function was the following as proposed by Holmes and 
Mow [16] for formulating the finite deformation biphasic theory, 
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 ߰ ൌ ߙ଴ ݁
ఈభሺூభିଷሻାఈమሺூమିଷሻ
ܫଷఉ
     (5.4)
where ܫଵ, ܫଶ, and ܫଷ are the three invariants of the Cauchy-Green deformation tensor. The 
three parameters appearing in Equation 4.4 correspond to the mechanical properties of 
the tissue. Mechanical testing is typically performed with creep or stress relaxation using 
indentation in situ or on excised samples, or by tension, shear or compression of samples 
of cartilage. The material constants appearing in Equation 4.4 will now be derived in 
terms of the material properties obtained from confined and unconfined compression 
experiments: ܪ஺଴, ߚ , and ܧ (or ߥ௦) . For the confined compression experiment the 
principal stretches reduce to ߣଵ ൌ 1, ߣଶ ൌ 1, ߣଷ ൌ ߣ and the stretch-strain law becomes 
[131] (see Chapter 3): 
ߪா ൌ 12ܪ஺଴ ቆ
ߣଶ െ 1
ߣଶఉାଵ ቇ ݁
ఉ൫ఒమିଵ൯ 
 First, the stress is written in the form of Equation 3.10 to match the equation which was 
used in curve fitting to the confined compression experiment data. In the uni-axial 
compression configuration the three identities ܫଵ ൌ 2 ൅ ߣଶ, ܫଶ ൌ 1 ൅ 2ߣଶ, and ܫଷ ൌ
ߣଶ hold, thus, using the strain energy function in Equation 4.4 the stress tensor is reduced 
to the following form 
ߪா ൌ 2ߙ଴ሺߙଵ ൅ 2ߙଶሻ ቆ ߣ
ଶ െ 1
ߣଶሺఈభାଶఈమሻାଵቇ ݁
൫ఒమିଵ൯ሺఈభାଶఈమሻ (5.5)
By comparing Equations 3.10 and 4.5 it is concluded that 
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  ߙଵ ൅ 2ߙଶ ൌ ߚ , ߙ଴ ൌ ܪ஺଴4ߚ  (5.6a,b)
Equation 4.6a corresponds with the assumption of zero stress at equilibrium. To satisfy 
the Baker-Ericksen inequalities, ߙ଴ must be positive, and ߙଵ and ߙଶ must be non-negative 
with at least one being non-zero [16] . Parameter ߙ଴ is readily determined since ܪ஺଴ and 
ߚ are available from curve fitting to the confined compression experiment data. 
Parameters ߙଵ and ߙଶ cannot be extracted by solely using the properties obtained from the 
confined compression configuration, as they appear as a sum in Equation 4.5 which 
governs the stress-stretch relationship in the confined compression experiment. To obtain 
an additional equation for extracting ߙଵ and ߙଶ we simplify the constitutive equations to 
the case of infinitesimal strain (ߪா ൌ ܥ௅߳) by linearizing the Cauchy stress tensor to 
obtain the relationships between the elasticity matrix (ܥ௅) components in infinitesimal 
strain and the parameters of the strain energy function 
ߙଵ ൌ ܥ௅ଶଷଶଷߙ଴ െ ߚ, ߙଶ ൌ െ
ܥ௅ଶଷଶଷ
2ߙ଴ ൅ ߚ  (5.7a,b)
Noting that for a fully isotropic linear elastic material the following holds, 
ۏێ
ێێ
ێۍ
ߪଵଵߪଶଶߪଷଷ߬ଵଶ߬ଵଷ߬ଶଷے
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ې
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߳ଵଵ߳ଶଶ߳ଷଷߛଵଶߛଵଷߛଶଷے
ۑۑ
ۑۑ
ې
                     (5.8) 
we can employ the identity ܥ௅ଶଷଶଷ ൌ ܥ௅ଵଶଵଶ ൌ ܧ 2ሺߥ௦ ൅ 1ሻ⁄  to derive 
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ߙଶ ൌ ߚ ൤1 െ ܧሺߥ௦ ൅ 1ሻܪ஺଴൨ , ߙଶ ൌ ߚ ൤1 െ
ܧ
ሺߥ௦ ൅ 1ሻܪ஺଴൨ (5.9a,b)
or in a more compact form, ߙଵ ൌ ሺ1 െ 3ߥ௦ሻߚ ሺ1 െ ߥ௦ሻ⁄  and ߙଶ ൌ ߥ௦ߚ ሺ1 െ ߥ௦ሻ⁄ . 
Equations 4.6b and 4.9 complete the formulation of the strain energy function for 
modeling of tissue’s solid matrix. The stress values can now be evaluated using Equation 
4.3. Additionally, input of the spatial tensor of elasticity is required. To construct a 
hyperelastic constitutive relationship using the Cauchy stresses, objectivity must be 
preserved. Cauchy stress is frame dependent but we may construct a constitutive 
relationship from an objective corotational rate of the Cauchy stresses. In 
Abaqus/Standard, the Jaumman rate of the Kirchoff stress ࣎ ൌ ܬ࣌ is used for solid 
continuum elements [144]. This rate is defined as 
 ߬௜௝௢ ൌ ߲߬௜௝߲ݐ ൅ ߬௜௞Ω௞௝ െ ߬௞௝Ω௜௞ (5.10)
where ષ ൌ ܽݏݕ݉݉ሺࡲሶ ⋅ ࡲିଵሻ is the spin tensor. Denoting ۲ ൌ ݏݕ݉݉ሺࡲሶ ⋅ ࡲିଵሻ as the 
rate-of-deformation tensor, Equation 4.10 is recast as 
 ߬௜௝௢ ൌ ܬܥ௜௝௞௟ܦ௞௟ (5.11)
where C here is a modification of the 4th fourth order tensor of elastic moduli [145]. This 
tensor can be computed using a push forward operation of the 2nd fourth order tensor of 
elastic moduli CE (blackboard letters represent fourth order tensors when not shown in 
index notation): 
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ܥ௜௝௞௟ ൌ ܨ௜௠ܨ௝௡ܨ௞௣ܨ௟௤ܥா௠௡௣௤ ൅ ଵଶ ൫߬௜௞ߜ௝௟ ൅ ௝߬௞ߜ௜௟ ൅ ߬௜௟ߜ௝௞ ൅ ௝߬௟ߜ௜௞൯           (5.12) 
where ܥா is given by [146] 
 
CE ൌ 2 ߲ࡿ߲࡯ ൌ 4
߲ଶ߰ሺܫଵ, ܫଶ, ܫଷሻ
߲࡯߲࡯  
 
(5.13)
 ൌ ߜଵࡵ ⊗ ࡵ ൅ ߜଶሺࡵ ⊗ ࡯ ൅ ࡯⊗ ࡵሻ ൅ ߜଷሺࡵ ⊗ ࡯ିଵ ൅ ࡯ିଵ ⊗ ࡵሻ ൅ ߜସ࡯⊗ ࡯ 
 
 
           ൅ߜହሺ࡯⊗ ࡯ିଵ ൅ ࡯ିଵ ⊗ ࡯ሻ ൅ ߜ଺࡯ିଵ ⊗ ࡯ିଵ െ ߜ଻ ߲࡯ିଵ ߲࡯⁄ ൅ ߜ଼  
 
where the coefficients defined by  
ߜଵ ൌ 4ቆ ߲
ଶ߰
߲ܫଵ߲ܫଵ ൅ 2ܫଵ
߲ଶ߰
߲ܫଵ߲ܫଶ ൅
߲߰
߲ܫଶ ൅ ܫଵ
ଶ ߲ଶ߰
߲ܫଵ߲ܫଶቇ 
ߜଶ ൌ െ4ቆ ߲
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߲ܫଷ߲ܫଷቇ
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Figure 5.4. Test cases of hand calculations for linear elastic UMAT: (a) Free degrees of 
freedom: 3, 5, 6, 8; (b) Free degrees of freedom: 6, 8; (c) Free degrees of freedom: 5, 7; 
(d) Free degrees of freedom: 5, 6, 7, 8; (e) Free degrees of freedom: 5, 6, 7, 8. 
 
ߜ଻ ൌ െ4ܫଷ ߲߲߰ܫଷ 
and ⊗ denotes the tensor product of two second order tensors creating a fourth order 
tensor (D ൌ ࡭⊗࡮ is ܦ௜௝௞௟ ൌ ܣ௜௝ܤ௞௟ in index notation). Tensor C (Equation 5.12) must 
be programmed into UMAT along with the Cauchy stress tensor. If the material model 
allows large volume changes and geometric nonlinearity is considered, the exact 
definition of the consistent Jacobian should be used to ensure rapid convergence [144]. 
To examine the UMAT formulation, two sets of tests were carried out. First, the 
general set-up of the user material subroutine was examined by comparing the results of 
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three different analyses for a linear elastic material in five test cases shown in Figure 5.4. 
The displacements, stresses and strains for a plane strain element (CPE4) were calculated 
for each test case using (1) FE analysis with the linear elastic model of Abaqus material 
library, (2) FE analysis using a linear elastic UMAT, (3) FE analysis using a linear elastic 
UHYPER, and (4) hand calculations using the isoparametric formulation of the 4-node 
quadrilateral element. For tasks 1, 2, and 3 the linear static analysis was used in Abaqus. 
FE analysis using a linear elastic UMAT: For formulating the linear elastic material 
model in UMAT, the following strain energy function used [147]: 
߰ ൌ ܥଵ ܬଵଶ ൅ ܥଶ ܬଶ                                                  (5.14) 
where  ܬଵ ൌ ሺܫଵ െ 3ሻ/2 , ܬଶ ൌ ሺܫଶ െ 2ܫଵ ൅ 3ሻ/4 , ܥଵ ൌ ሺߣ ൅ 2ߤሻ/2 , and ܥଶ ൌ െ2ߤ. The 
following derivatives were programmed in the subroutine to formulate the Cauchy stress 
(Equation 5.3) and the Jacobian (Equations 5.12 and 5.13): 
߲߰
߲ܫଵ ൌ
ܫଵ
2 ܥଵ െ
1
2 ሺ3ܥଵ ൅ ܥଶሻ 
߲ଶ߰
߲ܫଵଶ ൌ
ܥଵ
2  
߲߰
߲ܫଶ ൌ
ܥଶ
4  
߲ଶ߰
߲ܫଶଶ ൌ
߲ଶ߰
߲ܫଷ ൌ
߲ଶ߰
߲ܫଷଶ ൌ 0 
Hand calculations of the 4-node quadrilateral element: In an isoparametric formulation a 
parent element is defined in terms of a set of natural coordinates. The shape functions are
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Figure 5.5. A 4-node bilinear quadrilateral element. 
 
 constructed on a parent element and used to compute the coordinates and displacements 
within each element using  
 
ݔ ൌ෍ ௜ܰݔ௜
௡
௜
, ݕ ൌ෍ ௜ܰݕ௜
௡
௜
 
ݑ ൌ෍ ௜ܰݑ௜
௡
௜
,   ݒ ൌ෍ ௜ܰݑ௜
௡
௜
 
(5.15)
where ௜ܰ are the shape functions, ݊ is the number of nodes, ݔ௜ and ݕ௜ are the nodal 
coordinates, and ݑ௜ and ݒ௜ are the nodal displacements. For a quadrilateral element, ݎ and 
ݏ are the natural coordinates as shown in Figure 5.5. The simplest elements use linear 
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interpolation giving the following shape functions where the nodes are numbered as 
shown in Figure 5.5. 
 
ଵܰ ൌ 14 ሺ1 െ ݎሻሺ1 െ ݏሻ  
ଶܰ ൌ 14 ሺ1 ൅ ݎሻሺ1 െ ݏሻ 
ଷܰ ൌ 14 ሺ1 ൅ ݎሻሺ1 ൅ ݏሻ 
ସܰ ൌ 14 ሺ1 െ ݎሻሺ1 ൅ ݏሻ 
(5.16)
The strains are then given by 
 ்ࣕ ൌ ൣ߳௫௫, ߳௬௬, ߳௫௬൧ ൌ ሾ߲ݑ߲ݔ ,
߲ݕ
߲ݕ ,
߲ݑ
߲ݕ ൅
߲ݒ
߲ݔሿ (5.17)
where the derivatives are computed using the chain rule given in the matrix form by 
 
൦
߲
߲ݎ
߲
߲ݏ
൪ ൌ ൦
߲ݔ
߲ݎ
߲ݕ
߲ݎ
߲ݔ
߲ݏ
߲ݕ
߲ݏ
൪
ۏ
ێێ
ۍ ߲߲ݔ
߲
߲ݕے
ۑۑ
ې
 (5.18)
     
ۏ
ێێ
ۍ ߲߲ݔ
߲
߲ݕے
ۑۑ
ې
  ௥ୀ௥೔   ௦ୀ௦ೕ
ൌ ܬ௜௝ିଵ ൦
߲
߲ݎ
߲
߲ݏ
൪
  ௥ୀ௥೔   ௦ୀ௦ೕ
(5.19)
Finally, using the above shape functions, the following are attained  
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ۏ
ێێ
ۍ߲ݑ߲ݔ
߲ݑ
߲ݕے
ۑۑ
ې
  ௥ୀ௥೔   ௦ୀ௦ೕ
ൌ 14 ܬ௜௝ି
ଵ ቈെሺ1 െ ݏ௝ሻ 0െሺ1 െ ݎ௜ሻ 0
   ൫1 െ ݏ௝൯ 0
െሺ1 ൅ ݎ௜ሻ 0
ሺ1 ൅ ݏ௝ሻ 0
ሺ1 ൅ ݎ௜ሻ 0
െሺ1 ൅ ݏ௝ሻ 0
ሺ1 െ ݎ௜ሻ 0቉  ௥ୀ௥೔   ௦ୀ௦ೕ
ݑො 
(5.20a)
ۏ
ێ
ێ
ۍ߲ݒ߲ݔ
߲ݒ
߲ݕے
ۑ
ۑ
ې
  ௥ୀ௥೔   ௦ୀ௦ೕ
ൌ 14 ܬ௜௝ି
ଵ ቈ0 െ൫1 െ ݏ௝൯0 െሺ1 െ ݎ௜ሻ
0    ሺ1 െ ݏ௝ሻ
0 െሺ1 ൅ ݎ௜ሻ
0 ሺ1 ൅ ݏ௝ሻ
0 ሺ1 ൅ ݎ௜ሻ
0 െሺ1 ൅ ݏ௝ሻ
0 ሺ1 െ ݎ௜ሻ቉  ௥ୀ௥೔   ௦ୀ௦ೕ
ݑො 
(5.20b)
 
where  ࢛ෝ் ൌ ሾݑଵ, ݒଵ, ݑଶ, ݒଶ, ݑଷ, ݒଷ, ݑସ, ݒସሿ. The stiffness matrix is then obtained from 
 ࡷ ൌ නࡲ݀ݎ. ݀ݏ. ݀ݐ ൌ න࡮்࡯࡮ሺ݀݁ݐܬሻ݀ݎ. ݀ݏ. ݀ݐ (5.21)
where matrix ܤ relates the strains (Equation 5.17) and displacements according to 
 ߳௜௝ ൌ ܤ௜௝ݑො  (5.22)
The solution to ܭܷ ൌ ܴ is obtained after imposing the boundary conditions by 
elimination of rows and columns corresponding to the constrained degrees of freedom 
(ࡷ෩). For instance, for case number 1 (Figure 5.4), the unconstrained degrees of freedom 
are ݑଶ, ݑଷ, ݒଷ, and ݒସ, thus ࢁ෩ ൌ   ቎
ݑଶݑଷݒଷݒସ
቏ , ࡾ෩் ൌ   ቎
0
0െ1
െ1
቏, and ࡷ෩ ൌ  ൦
ܭଷଷ ܭଷହܭହଷ ܭହହ
ܭଷ଺ ܭଷ଼ܭହ଺ ܭହ଼ܭ଺ଷ ܭ଺ହܭ଼ଷ ܭ଼ହ
ܭ଺଺ ܭ଺଼ܭ଼଺ ܭ଼଼
൪, 
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assuming the magnitude of applied forces is 1 in the appropriate units. For this problem, 
considering plane strain conditions yields: 
         ൥
ߪଵଵߪଶଶߪଵଶ
൩ ൌ ൥
ܥଵଵ ܥଵଶ 0ܥଵଶ ܥଶଶ 00 0 ܥଷଷ
൩ ൥
߳ଵଵ߳ଶଶ߳ଵଶ
൩ (5.23)
      ߪଵଵ ൌ ሺܥଵଵ െ ߥܥଵଶሻ߳ଵଵ (5.24a)
        ߪଶଶ ൌ ቀെ ஼భమఔ ൅ ܥଶଶቁ ߳ଶଶ (5.24b)
ܥ ൌ ܧሺ1 െ ߥሻሺ1 ൅ ߥሻሺ1 െ 2ߥሻ
ۏ
ێێ
ێێ
ۍ 1 ߥ1 െ ߥ 0ߥ
1 െ ߥ 1 0
0 0 1 െ 2ߥ2ሺ1 െ ߥሻے
ۑۑ
ۑۑ
ې
 (5.25)
Upon obtaining ࢁ෩ , the stresses and strains can be computed using Equations 5.22 through 
5.25. MATLAB was used for performing these “hand calculations”. The resulting 
quantities were compared with the outcome of FE analysis with the linear elastic 
formulation of Abaqus material library, the FE analysis using the linear elastic UMAT, 
and FE analysis using the linear elastic UHYPER. 
The second step for testing the UMAT formulation was comparing its output 
using the formulation of the strain energy density function given in Equation 4.4, with the 
output of Abaqus UHYPER subroutine which requires a much simpler formulation. The 
confined compression experiment was simulated using the formulation of the material in 
UMAT and UHYPER. 
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The user subroutine UHYPER can be used for defining the strain energy density function 
for isotropic hyperelastic materials; however, it does not allow incorporation of “add-
ons” such as adaptivity of a material to mechanical loading which makes UMAT the only 
viable option for mechanobiological studies. The constitutive behavior of a hyperelastic 
material in UHYPER is defined as a total stress–total strain relationship, rather than as 
the rate formulation. It is based on the deviatoric part of the deformation with the 
volumetric changes eliminated, i.e. the (deviatoric) deformation gradient is defined as 
ࡲഥ ൌ ܬିଵ/ଷࡲ , where ࡲ is the total deformation gradient and ܬ is the total volume change 
given by ܬ ൌ ݀݁ݐ ሺࡲሻ. The deviatoric stretch matrix (the left Cauchy-Green strain tensor) 
of ࡲഥ  is given by 
 ࡮ഥ ൌ ࡲഥ. ࡲഥ் (5.26)
 
The strain invariants are then defined as  
 ܫଵ̅ ൌ ݐݎܽܿ݁ሺ࡮ഥሻ ൌ ࡵ: ࡮ഥ 
ܫଶ̅ ൌ 12 ሺܫଵ̅
ଶ െ ݐݎܽܿ݁ሺ࡮ഥ.࡮ഥሻሻ ൌ 12 ሺܫଵ̅
ଶ െ ࡵ: ࡮ഥ.࡮ഥሻ 
(5.27)
where ࡵ is the unit tensor. 
For isotropic, compressible materials the strain energy, ߰, is a function of ܫଵ̅, ܫଶ̅, and ܬ: 
 ߰ ൌ ߰ሺܫଵ̅, ܫଶ̅, ܬሻ (5.28)
The stress is decomposed into the equivalent pressure stress,  
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 ݌ ൌ െ13 ࡵ: ࣌ (5.29)
and the deviatoric stress,  
 ࡿ ൌ ࣌ ൅ ݌ࡵ (5.30)
where ࣌ are the components of the Cauchy (true) stress. Abaqus/Standard allows strain 
energy potentials to be defined for isotropic materials via user subroutine UHYPER by 
programming ߰ and the first, second, and third derivatives of ߰ with respect to ܫଵ̅, ܫଶ̅, and 
ܬ in the subroutine. Accordingly, the strain energy density function of interest (Equation 
5.4) takes the following form 
 
߰ ൌ ߙ଴ ݁
ఈభ൫௃మ/యூభ̅ିଷ൯ାఈమ൫௃ర/యூమ̅ିଷ൯
ܬଶఉ  (5.31)
where the ܫଵ̅ and ܫଶ̅ are the first and second strain invariants of the deviatoric stretch 
matrix (the left Cauchy-Green strain tensor) of ࡲഥ. The following derivatives were 
programmed in the UHYPER subroutine: 
߲߰
߲ܫଵ̅ ൌ  ߙଵܬ
ଶ ଷ⁄ ߰ 
߲߰
߲ܫଶ̅ ൌ  ߙଵܬ
ସ ଷ⁄ ߰ 
߲߰
߲ܬ ൌ  ܲ߰ 
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where ܲ ൌ ଶଷ ߙଵܫଵ̅ܬିଵ ଷ⁄ ൅
ସ
ଷ ߙଶܫଶ̅ܬଵ ଷ⁄ െ 2ߚܬିଵ. 
߲ଶ߰
߲ܫଵ̅ଶ ൌ  ߙଵ
ଶܬସ ଷ⁄ ߰ 
߲ଶ߰
߲ܫଶ̅ଶ ൌ  ߙଶ
ଶܬ଼ ଷ⁄ ߰ 
߲ଶ߰
߲ܬଶ ൌ ሾܳ ൅ ܲ
ଶሿ߰ 
where ܳ ൌ െଶଽ ߙଵܫଵ̅ܬିସ ଷ⁄ ൅
ସ
ଽ ߙଶܫଶ̅ܬିଶ ଷ⁄ ൅ 2ߚܬିଶ. 
߲ଶ߰
߲ܫଵ߲̅ܫଶ̅ ൌ ߙଵߙଶܬ
ଶ߰ 
߲ଶ߰
߲ܫଵ߲̅ܬ ൌ ൤ߙଵܬ
ଶ ଷ ⁄ ܲ ൅ 23ߙଵܬ
ିଵ ଷ⁄ ൨ ߰ 
߲ଶ߰
߲ܫଶ߲̅ܬ ൌ ൤ߙଶܬ
ସ ଷ ⁄ ܲ ൅ 43ߙଶܬ
ଵ ଷ⁄ ൨߰ 
߲ଷ߰
߲ܫଵ̅ଶ߲ܬ ൌ ߙଵܬ
ଶ ଷ⁄   ߲
ଶ߰
߲ܫଵ߲̅ܬ ൅
2
3ߙଵ
ଶܬଵ ଷ⁄ ߰ 
߲ଷ߰
߲ܫଶ̅ଶ߲ܬ ൌ ߙଶܬ
ସ ଷ⁄   ߲
ଶ߰
߲ܫଶ߲̅ܬ ൅
4
3ߙଶ
ଶܬହ ଷ⁄ ߰ 
߲ଷ߰
߲ܫଵ߲̅ܫଶ߲̅ܬ ൌ ൤
2
3ߙଵ
ଶߙଶܫଵ̅ܬହ ଷ⁄ ൅ 43ߙଵߙଶ
ଶܫଶ̅ܬ଻ ଷ⁄ െ 2ߙଵߙଶሺߚ െ 1ሻܬ൨߰ 
߲ଷ߰
߲ܫଵ߲̅ܬଶ ൌ ൤െ
2
9ߙଵܬ
ିସ ଷ  ⁄ ൅ ߙଵܬଶ ଷ⁄ ሺܳ ൅ ܲଶሻ ൅ 43ߙଵܬ
ିଵ ଷ⁄ ܲ൨  ߰ 
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߲ଷ߰
߲ܫଶ߲̅ܬଶ ൌ ൤
4
9ߙଶܬ
ିଶ ଷ  ⁄ ൅ ߙଶܬସ ଷ⁄ ሺܳ ൅ ܲଶሻ ൅ 83ߙଶܬ
ଵ ଷ⁄ ܲ൨  ߰ 
߲ଷ߰
߲ܬଷ ൌ ൤ܲ
ଷ ൅ 3ܲܳ ൅ 827ߙଵ ܫଵ̅ܬ
ି଻ ଷ  ⁄ െ 827ߙଶ ܫଶ̅ܬ
ିହ ଷ  ⁄ െ 4ߚܬିଷ൨  ߰ 
5.2.1 FEM of Confined and Unconfined Compression Experiments 
The values of mechanical properties were those obtained as described in the previous 
section. An axisymmetric model of the confined compression configuration was meshed 
with 8-noded axisymmetric pore-pressure elements (CAX8P).  To represent the porous 
indenter, free draining condition was prescribed on the top surface by defining a zero 
pore pressure boundary condition. The rest of the surfaces were modeled as impermeable. 
Two cases were studied: (1) the solid matrix was assumed linear elastic according to the 
infinitesimal strain biphasic theory, with including strain-dependent permeability effects 
(nonlinear biphasic theory), (2) the solid matrix was represented by the user material, 
while also considering strain-dependent permeability effects. 
The same FE model was utilized to simulate an unconfined compression 
experiment; only the boundary conditions on the top surface and on the perimeter were 
changed to no-draining and free-draining respectively, as an impermeable platen was 
used in the experiment and the tissue was unconfined laterally. The loading history of the 
unconfined compression experiment was prescribed for the pressing platen. Response of 
the tissue was predicted by the user material, and the slope of the line fitted to its 
equilibrium stress-strain data was compare with the Young’s modulus obtained from line 
fitting to the experimental data, as described in the previous section of this chapter. 
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Strain-dependent permeability may be defined in Abaqus as a function of void ratio (݁), 
irrespective of the choice of a standard or user-defined material model. Abaqus takes into 
account the porosity of the medium through definition of this parameter which is taken as 
the ratio of fluid volume over solid volume. The permeability equation (Equation 3.12 
therefore, has to be reshaped as a function of void ratio. Per definition of the void ratio in 
Abaqus we have ݁ ൌ ߶௙ ߶௦⁄ ൌ ሺߣ െ ߶଴ሻ ߶଴⁄ , and the initial void ratio as ݁଴ ൌ
ሺ1 െ ߶଴ሻ ߶଴⁄ , leading to ߣ ൌ ሺ݁ ൅ 1ሻ ሺ݁଴ ൅ 1ሻ⁄ . Thus: 
 
݇ ൌ ݇଴ ൬ ݁݁଴൰
ଶ
exp൮
ܯ ൤ቀ ݁ ൅ 1݁଴ ൅ 1ቁ
ଶ
െ 1൨
2 ൲ (5.32)
where ߶௙and ߶௦ are fluid and solid volume fractions, and ߶଴ is the dry weight 
percentage of the tissue. For small strains: ߳ ൌ ߣ െ 1 ൌ ሺ݁ െ ݁଴ሻ ሺ݁଴ ൅ 1ሻ⁄ , and Equation 
5.32 reduces to ݇ ൌ ݇଴ ݁ݔ݌ሺܯ߳ሻ ൌ ݇଴݁ݔ݌ ሾܯሺ݁ െ ݁଴ሻ/ሺ݁଴ ൅ 1ሻሿ. The permeability 
defined in the biphasic theory must be converted to that of the poroelastic model through 
݇ᇱ ൌ ߩ݇, where ߩ is the volume weight of the interstitial fluid which was assumed to be 
equal to that of water (ߩ ൌ 9.81×10-6 N/mm-3). The initial void ratio was calculated as 
6.7 using the 13.1% value of dry weight found for this tissue. 
5.2.2 Whole Tissue Structure Experiment 
The finite deformation biphasic theory was formulated for implementation in finite 
element programs by taking advantage of the soft tissue material parameters obtained 
from common test geometries used for mechanical characterization of the tissue (e.g., 
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indentation, confined and unconfined compression tests). These properties were however 
obtained using compression tests while the model is expected to be used in the analysis of 
general stress problems. To evaluate the capability of the developed material model in 
prediction of the tissue response under general loading conditions, a whole tissue 
structure of human fetal talus - the same material type from which the samples were 
excised for mechanical characterization - was tested in a cantilever-like configuration. In 
order to reconstruct the geometry to be meshed for FE, the tissue was scanned in the 
micro-CT scanner. As the talus anlage was partly ossified it was scanned twice (at 17.2 
µm pixel size): once before the test to obtain scans of the ossific nucleus (the bony region 
inside the tissue), and once after the experiment by applying a coat of contrast material on 
the surface of the cartilage to scan the outer surface since cartilage is rather transparent to 
the X-rays. Three-dimensional reconstruction of the geometries was performed using the 
scanner software (SkyScan1172), followed by Geomagic Qualify 12 (Geomagic Inc., 
Research Triangle Park, NC). Before imaging, the area to the left of the plane (Figure 
5.6) was embedded in a polymer block using cyanoacrylate and a mixture of contrast 
agent and dental cement. The tissue was submerged in PBS containing enzyme inhibitors 
during the experiment. A stress relaxation test was performed by loading the tissue with a 
thin cylindrical bar (D = 2.85mm) parallel to the Y axis and 10mm from the surface of 
the embedding block (Figure 5.6). The prescribed displacement history of the bar 
involved two cycles of loading (2mm displacement) at a rate of 0.1 mm/s followed by 
stress relaxation periods of 900s. This was assessed enough time to allow full recovery of 
the tissue.  
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Figure 5.6. Testing of the whole talus and geometry reconstruction: (A) Cantilever test 
set-up with talus embedded in a box and submerged in liquid; (B) Micro-CT scan of the 
cartilage anlage coated with contrast agent displaying the thru holes filled with contrast 
material to help build a coordinate system for alignment of the two scans; (C) 
Reconstructed geometries of the cartilage anlage and the ossific nucleus displaying the 
same set of axes in Geomagic Qualify. 
 
Preprocessing for finite element analysis was done in Patran 2008 r1 (MSC 
Software Corp., Santa Ana, California). The 10-node modified tetrahedron elements 
(C3D10M) were used to mesh the ossified region, and 10-node modified pore pressure 
tetrahedron elements (C3D10MP) were used for the cartilaginous region. Zero-flow 
boundary conditions were applied on the embedded surface and the area of contact 
between the bar and the tissue, with free-flow conditions on the rest of the surfaces. The 
loading bar was modeled as a rigid surface, and finite sliding contact was defined 
between the bar and the tissue surface. The ramping history of the experiment was 
prescribed for the loading bar. Taking the density of newly mineralized bone as ߩ ൌ
0.24 g/cmଷ [113] the material parameters of the ossified region were calculated according 
to the empirical equations ߥ ൌ 0.2 and ܧ(MPa)=2014ߩ2.5 for ߩ ൑ 1.2 g/cm3  [148] 
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resulting in ܧ ൌ 56.83 MPa. The mechanical properties of cartilage were those presented 
in the Chapter 6. The initial void ratio was taken to be 6.7 based on the dry weight 
measurement.  
Two studies were conducted for comparison: one employed the user material for 
modeling the solid matrix, and the other modeled the tissue according to the nonlinear 
biphasic theory (linear elastic matrix while considering strain-dependent permeability). 
Properties of the ossified region were the same for both cases. Sum of the contact forces 
from the two models and the experiment were compared. 
5.3 Clubfoot Treatment  
5.3.1 Image Acquisition and Processing 
MRI scans were obtained during weekly serial manipulation and corrective casting 
therapy initiated on a total of 7 newborn infants with unilateral right idiopathic congenital 
clubfoot deformity. The name codes used throughout the text, age, gender, and number of 
treatment sessions are indicated in Table 5.1. The therapy, using the Ponseti technique, 
was conducted by Dr. Shafique Pirani. MR imaging was conducted under the supervision 
of Dr. David Hodges. The testing protocol for a typical patient follows: visits (average 
number = 5) occurred at intervals decided by the physician for each patient (3-7 days) 
followed by a last visit after three weeks on average from the fifth visit. Appropriate 
doses of oral Chloral hydrate (50-75 mg/kg) were used to sedate the child as necessary 
during the MRI scanning process. Scans were performed with the feet casted to prevent 
movement. Session 1: the involved foot was casted and scanned in the deformed position. 
The cast was then removed; the foot was manipulated as per Ponseti Method and re-
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Table 5.1. Patient information summary. 
Code Initial age 
(days) 
Number of treatment 
sessions 
Gender 
S1 87 5 M 
L1 25 5 M 
K1 42 4 M 
E2 31 5 M 
T1 40 7 F 
E1 26 4 M 
B1 12 5 M 
 
casted in the position obtained after manipulation (stressed) and rescanned. Session 2: the 
involved foot was scanned before removal of the cast applied in session 1. Cast was 
removed, the foot was allowed to adapt to the unstressed position and then it was re-
casted and scanned. This cast was then removed; the foot was re-manipulated and casted 
into the position obtained with manipulation, and scanned. Sessions 3, 4 and 5: this 
sequence of manipulation, casting, and scanning was repeated.  As per Ponseti treatment 
protocol, prior to application of the last cast on the involved foot in session 5, a complete 
percutaneous tenotomy of the tendoachilles was performed (except on patient K1) under 
local anesthetic to enhance correction of the equinus deformity. The uninvolved foot was 
casted and scanned in the neutral position each week. Last visit: only one MRI in the 
resting unloaded position was performed on the involved foot. The uninvolved foot was 
again casted and scanned in the neutral position. For some patients/treatment sessions 
scans of the neutral state were not taken due to patient’s agitation. 
All image acquisitions were performed using a 1.0 Tesla scanner (Horizon, GE 
Medical Systems, Milwaukee, WI). A transmit/receive wrist coil was placed over the foot 
to be scanned to maximize signal-to-noise ratio, yielding a 12cm field-of-view. Scanning 
covered the distal tibial shaft to the mid-metatarsal bones. The feet were scanned parallel 
66 
 
and perpendicular to the bimalleolar axis, yielding coronal and sagittal images. In these 
planes a 3D fast gradient echo (FGRE) sequence with inversion pulse was utilized with 
the following parameters as well as frequency selective fat saturation: TR (relaxation 
time)/TE (echo time) = 13.6ms/6.3ms; TI (inversion time) = 50ms; flip angle 10 degrees; 
2 NEX (number of excitations); bandwidth 15.6 kHz; matrix 256×192, 2.4mm slice 
thickness with interpolation to 1.2mm and 0mm interslice gap, yielding a voxel 
dimension of 0.47×0.47 ×1.2mm. The MRI data were in DICOM format. 
The MRI scans (in DICOM format) were imported into Analyze 10.0 
(AnalyzeDirect, Inc., Overland Park, KS) for processing, including segmentation and 
volume rendering. The cartilaginous anlagen of talus, calcaneus, cuboid and navicular, as 
well as their ossific nuclei (where present) and the distal fibula and tibia were segmented 
and rendered as three-dimensional geometries. Where the scan qualities were poor, scans 
of the two sagittal and coronal views were first fused prior to segmentation to improve 
the image quality. The surface files were then exported in STL format (Stereolithography 
CAD format). All of the subsequent image analysis was performed in Geomagic Studio 
12 and Geomagic Qualify 12. 
Data of patient E2 was excluded in the subsequent analyses due to the 
unsatisfactory quality of MRI scans and consequently the resulting segmentation 
inaccuracies. Patient B1 was included in the analysis of section 4.3.2 but not in 4.3.3. 
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5.3.2 Growth, Ossification and Adaption Analysis 
Volume and Shape Correction Analysis 
The changes in positional relationships and shapes of the anlagen corresponding to the 
correction of the deformities (see 1.3) as a result of adaptation of the cartilaginous 
anlagen in the cast were studied qualitatively. For this purpose, assemblies were created 
of the geometries of the four hindfoot and midfoot anlagen under study, their ossific 
nuclei where present, and the distal tibia and fibula at each treatment session for the 
normal foot, and before and after cast application in the clubfoot. Figures were created of 
these assemblies in the three orthogonal anatomical views (sagittal, coronal, axial – see 
Appendix B) at each treatment session for each patient, portraying the three views side by 
side to allow comparison, illustrating the progression of correction in each patient during 
the treatment period. The figures are presented in Chapter 6. The correction in the 
deformities present in clubfoot patients (varus, adductus, cavus, and equinus) was 
followed throughout the treatment period.  
To qualitatively assess the changes that occurred within the anlagen and the 
ossific nuclei during the period of treatment, measurements of their volumes at each 
treatment session were taken and analyzed in the form of the following parameters: 
1- Degree of ossification calculated for both healthy and clubfoot sides as the ratio of 
ossific nucleus (ON) volume over the total anlage (ANL) volume: ܦܱ ൌ ௏ೀಿ௏ಲಿಽ. 
2- Ratio of the clubfoot ON size to the normal ON size: ைܸேି௖௟௨௕௙௢௢௧/ ைܸேି௡௢௥௠௔௟. 
3- Ratio of the clubfoot ANL size to the normal ANL size: ஺ܸே௅ି௖௟௨௕௙௢௢௧/ ஺ܸே௅ି௡௢௥௠௔௟. 
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4- Ratio of the degrees of ossification of the clubfoot to the normal side: ܦܱ௖௟௨௕௙௢௢௧/
ܦܱ௡௢௥௠௔௟. 
Statistical analysis was performed to study the changes with time in several 
parameters: size of normal and clubfoot ossific nuclei and anlagen, degrees of 
ossification in normal and clubfoot (number 1 above); and the ratio of each of these 
parameters on the clubfoot side taken with respect to that on the normal side (numbers 
2,3, and 4 above). For this purpose, correlation analysis was performed between time and 
these parameters for each anlage in each patient individually, with the time variable being 
the number of days as counted from the first day of treatment. The level at which 
correlations were considered significant was p = 0.05 with a 1-tailed analysis. Simple 
regression analysis was performed for the same parameters versus time, with time as the 
independent variable. Output of the correlation (Pearson correlation coefficients and 
significance levels) and regression analyses are summarized in Table 6.2 through Table 
6.5 for all cases where the significance level from the correlation analysis was p < 0.15. 
To compare across patients and between the normal and clubfoot sides, the regression 
coefficients provided in these tables were calculated based on the dependent variables 
normalized by their corresponding initial values. Since cuboid did not have an ossific 
nucleus in B1 in the first visit, the values were normalized by those of the second visit. 
All the statistical analyses in the present study were performed using PASW Statistics 
18.0.0 (IBM Corp., Somers, NY). 
As opposed to the previous analysis which was performed for each patient 
individually, a separate statistical analysis was carried out on the data of each anlage 
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from all the patients together. The same parameters were studied with the exception that 
the time variable was equal to the age of the patient in days in this case, i.e., for the 
global analysis the independent variable (time) from the previous analysis was shifted by 
different magnitudes for each patient, as treatment was initiated at different ages in 
different infants. One purpose for this rather different analysis was to obtain general 
regression models constructed based on the entire population of patients describing 
growth as a function of age. The level at which an effect was considered significant was 
considered p = 0.05; however, similar to the previous analysis the exact p values are 
included in Table 6.6. Simple linear regression was carried out taking age as the 
independent variable. Regression coefficients are presented in Table 6.6 for cases where 
p < 0.1. 
To compare the rates of ossification for the two feet for each patient, similar 
analysis to the previous paragraph was conducted for individual patients. The rate of 
ossification was defined as the slope of the linear regression model relating the ossific 
nucleus volume with age. Table 6.7 provides a summary of ossification rates for talus, 
calcaneus, and cuboid for the normal and clubfoot sides. In this part of the analysis, all 
regression models were included irrespective of the significance levels in the correlation 
analyses. 
Finally, to assess whether or not these rates correlated with the age of patients, 
correlation analyses were performed between the slopes and the patient’s age at the start 
of treatment. This was done for both normal and clubfoot groups for the talus, calcaneus, 
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and cuboid. The same analysis was conducted on the rate of change with time in the 
volume of cartilage anlage of all four anlagen. 
FE Analysis of Relationships Between Treatment-Induced Mechanical Quantities and 
Ossification 
The purpose of this part of the study was to delineate any relationships present between 
the amount of ossification obtained, and the mechanical quantities that were induced by 
the manipulation of the feet by the physician. The deformations that were introduced in 
the anlagen by treatment (described shortly) were inputted into a finite element model to 
determine the resulting distribution of various mechanical quantities throughout the 
anlagen and more specifically near the surface of the ossific nucleus.  
All of the geometries were first repaired and smoothed upon importing into 
Geomagic Studio to get a closed surface that could provide a good mesh for FE analysis. 
The treatment-induced deformations were obtained in Geomagic Qualify by creating a 
full deviation map between the surface of the anlage before applying the new cast, and 
after the foot were put in a new cast upon being manipulated into a more corrected shape. 
Before this task could be done, the two objects needed to be aligned. This is because the 
position of the foot with respect to the coordinate system of the MRI scanner is different 
each time and the two objects have to be brought to a common point in the space and 
aligned based on their common features. It is assumed that since the ossific nuclei 
constitute of bone tissue, they remain relatively undeformed under the manipulative 
forces. Therefore, a local coordinate system was set up for each ossific nucleus based on 
its geometric centroid and principal axes of inertia, and both the post-cast ossific nucleus 
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and its associated anlage were registered to the corresponding pre-cast geometries by 
aligning the coordinate systems of the two ossific nuclei. After this alignment, the 
deviation between the surfaces of the anlagen was obtained (Figure 5.7).  
 
 
Figure 5.7. Calculation of the deformation caused in the talus due to 
manipulation and casting. Whiskers show connections between points on the 
pre-cast surface (transparent) to the post-cast surface (colored solid). 
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To determine the growth in the ossific nucleus from each week to the following 
week, the same type of analysis was performed with the difference that to align the 
objects of the nth to the n-1th week, the coordinate systems of the ossific nuclei could no 
longer be used. The centroid and principal axes of inertia of the cartilage anlagen were 
used to register the two sets together in this case. The changes in the surface of the ossific 
nucleus were computed in the same manner as described above for cartilage. The 
deviation table populated in Geomagic Qualify was exported for the location set 
containing the nodes on the surface of the ossific nucleus (the comparison of geometries 
can only be performed between two surfaces and not throughout the entire object). 
Custom codes written in MATLAB were used for translating and transferring of the data 
between Patran and Geomagic Qualify. This made possible for the deviation information 
to be outputted for the mid-side nodes as well by including them in the location set, 
although the original STL files used for 3D comparison analysis in Geomagic Qualify 
contained only the three vertices of each triangle. 
The enhanced and aligned objects were then imported into Patran for FE pre-
processing. As the geometrical information in an STL file format is based on the 
coordinates of the vertices of the triangles that the surface is broken down into, building a 
solid mesh based on these vertices creates four-node tetrahedron elements. For better 
accuracy, mid-side nodes were added to the surface elements prior to building a solid 
mesh. The resulting elements were ten-node tetrahedra. The material properties assigned 
to the cartilage and bone were as described in section 4.1.5.  
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The soils consolidation capability in Abaqus was used for modeling the cartilage 
tissue as biphasic. The ossific nucleus was modeled as linear elastic, thus automatically 
imposing a no-flow boundary condition on the interface of the ossified and unossified 
regions. All of the analyses were carried out twice. In the first study, the extracellular 
matrix of the cartilage anlage was represented with the UMAT formulation, whereas in 
the second study, the linear elastic formulation available in the Abaqus material library 
was used. The deformation applied on the surface of the anlagen by treatment forces was 
included in the FE analysis as ramping boundary conditions for the nodes of the cartilage 
anlage surface. Results of the analysis were written to .fil files for the cartilage elements 
neighboring the ossific nucleus. A custom written Fortran code was then used to read the 
output using the output keys, and to write to a text file. The quantities in the output 
request were von Mises stress, pressure stress, strain energy density, fluid volume ratio, 
magnitude of fluid velocity, and the pore pressure (of the fluid phase). FE analyses were 
conducted for all patients for every treatment session using the corresponding 
deformation field and geometries for that session. The material properties were assumed 
to remain constant from the beginning until the end of treatment period. 
Two measures of growth were used for correlation analyses. The first was based 
on the change in the volume of ossific nucleus from each treatment session to the next, 
normalized by the initial size of the ossific nucleus to enable comparison across patients. 
The second was the amount of added tissue (in mm) in the direction normal to the surface 
of the ossific nucleus as obtained from Geomagic Qualify. This value was averaged for 
all the nodes on the surface of the ossific nucleus. Correlation analysis was performed 
between each measure of bone deposition as the dependent variable, and the mechanical 
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quantities listed in the previous paragraph as independent variables. The Pearson 
correlation coefficients and the significance levels were calculated using a 2-tailed 
analysis. Simple linear regression analysis was performed where a significant effect was 
detected (p = 0.05, 2-tailed). The analysis was carried out for both the linear elastic and 
UMAT material models.  
75 
 
CHAPTER 6.  RESULTS 
6.1 Mechanical Properties of Fetal Talus 
The mean and standard deviation for the material coefficients, as obtained from the stress 
relaxation results of confined compression experiment, were: ܪ஺଴ ൌ 0.11 ± 0.04 MPa, 
ߚ ൌ 1.94 ± 1.70 , ݇଴ ൌ 3.64 ± 2.58×10-14 m4N-1s-1 and ܯ ൌ 6.73 ± 2.71. The curve-fits of 
response showed very good agreement between theory and experiment for all specimens. 
A typical transient stress-relaxation response is shown in Figure 6.1, and the 
corresponding equilibrium stress-stretch curve for the same sample is shown in Figure 
6.2. The goodness of fit was ݎଶ ൌ 0.989 ± 0.022 and ݎଶ ൌ 0.963 ± 0.017 for nonlinear 
curve fitting to the equilibrium stress-stretch data, and the transient stress-time data 
respectively. The specimens recovered 97.1% ± 2.6%  of their initial thickness after the 
confined compression experiment, prior to the unconfined compression experiment.  
The mean and standard deviation for the Young’s modulus, as obtained from the 
unconfined compression experiment, were: ܧ௦ ൌ 0.06 ± 0.03MPa, with a goodness of fit 
ݎଶ ൌ 0.958 ± 0.038 (Figure 6.3). The Poisson’s ratio using the results of the two tests was 
ߥ௦ ൌ 0.37 ± 0.09, as obtained from Equation 4.2 by combining the value of ܪ஺଴ and the 
Young’s modulus. 
6.2 Assessment of Fetal Anlage UMAT 
The stress, strain, and displacement results of the five test cases examined to verify the 
general set up of the user material provided very good agreement among the three 
analyses: FE analysis with the linear elastic model of Abaqus material library, (2) FE
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Figure 6.1. Stress relaxation results of confined compression experiment. The 
curve provides a close fit to the experimental data. 
 
 
 
 
 
 
Figure 6.2. Equilibrium stress-
stretch data of stress relaxation in 
confined compression, with a 
nonlinear curve fit. Compressive 
stiffening of the tissue can be noted 
by the departure of the response 
from a straight line.  
Figure 6.3. Data of stress relaxation 
experiment in unconfined 
compression. Linear response of the 
tissue in this testing configuration can 
be noted by the good agreement 
between a linear fir and the 
experimental data. 
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Figure 6.4. Equilibrium stress- strain data of an unconfined compression 
experiment, showing the experimental data, FE results using UMAT, and the 
linear fits to both. The Young’s modulus obtained from UMAT is less than 
2% different from that obtained from line fitting to the experimental data.   
 
analysis using the UMAT with linear elastic formulation, and (3) hand calculations using 
the isoparametric formulation of the 4-node quadrilateral element.  
Comparison of UHYPER and UMAT in simulation of the confined compression 
experiment resulted in identical stress-time curves. The line fit to the equilibrium stress-
strain data of the FE simulation of unconfined compression, as obtained by applying the 
UMAT, yielded Young’s moduli less than 2% different from those obtained from line 
fitting to the experimental data (Figure 6.4).   
Results of the confined compression experiment simulation using the UMAT 
versus the nonlinear biphasic model are plotted in Figure 6.5 and overlaid on the 
experimental data. The nonlinear biphasic model underestimated the peak stress at large 
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Figure 6.5. Confined compression experiment simulation with UMAT and 
nonlinear biphasic model overlaid on the stress - time test data (IS: Infinitesimal 
strain, FD: Finite deformation). The nonlinear biphasic overestimated the 
relaxation curve stress values.  
 
 
 
 
Figure 6.6. FE model of the whole tissue in cantilever loading with the 
deformed and undeformed shapes, (A) a sagittal section through the tissue 
displaying the von Mises stress contour in the cartilage and bone, (B) with 
loading bar on the right and the pinned nodes on the left representing the 
embedding block. 
A B 
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Figure 6.7. Total stress on the loading bar as sensed by the load cell in loading of the 
whole talus anlage in a stress relaxation test. Result of the simulation with the UMAT 
demonstrates closer resemblance than the nonlinear biphasic theory to the experiment. 
 
strains (33% in the last cycle). The equilibrium stress values were off by 50%, 77%, 75%, 
and 33% in the first through the last cycle respectively. The relaxation rate predicted by 
this model was slower than the experiment. The peak stresses predicted by the UMAT at 
low strains were higher than the experimental values - twice as large in the first cycle, 
and larger by 38% in the second cycle; however, they were close to the fitted curve which 
was the source of the material parameters for the user material. The peak stresses at high 
strains (third and fourth cycles) and all of the equilibrium stress values corresponded 
closely with the experiment. The relaxation rate was similar to the experiment. 
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The total stress applied on the loading bar by the tissue under cantilever loading in 
the whole tissue structure experiment is plotted versus time in Figure 6.7. The output of 
simulations of this experiment in Abaqus using the developed UMAT as well as the 
nonlinear biphasic model is also demonstrated in the same figure. The nonlinear biphasic 
model yielded equilibrium stress values that were nearly twice as large as those of the 
experiment in both cycles. The peak stress predicted by the UMAT was 32% larger than 
that of the experiment in the first cycle, while the peak stress of the second cycle matched 
the experiment perfectly. The equilibrium stress of the first cycle had good agreement 
with the experiment; however, this value for the second cycle exceeded the experimental 
stress by 53%. Both models showed a slower relaxation rate than the experiment. At both 
low and high strains, the UMAT model showed slower relaxation rate than the 
experiment during the early relaxation period, and higher rate in the late relaxation 
period. Figure 6.6 portrays a section made through an overlay of deformed and 
undeformed meshes of the cartilaginous tissue with the ossified region showing in the 
center as one of the two higher stress areas. 
6.3 Growth, Ossification, and Adaptation  
6.3.1 Shape Correction Analysis 
Manipulation and corrective casting immediately changed anlagen shape and relative 
positions toward normal. Most obvious were the abnormalities of the relative positions of 
the anlagen. Prior to corrective cast application the talus was plantarflexed; the navicular 
was medially and inferiorly displaced (most severe in T1, E2, L1 – Figure 6.8) relative to 
the talus and pressed against the medial malleolus (in S1 and L1 – Fig 6.8); the distal end 
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of the calcaneus was located immediately beneath the head of the talus; and the cuboid 
was displaced medially and plantarflexed relative to the calcaneus. Plantarflexion was 
most severe in three of the patients (L1, E2, and T1) where two (L1, T1) also displayed 
severe equinus deformity (Figure 6.9).  
Application of the cast immediately improved the deformed configuration. The 
navicular moved away from the medial malleolus and was more centrally positioned on 
the head of the talus. The distal end of the calcaneus was no longer beneath the talus but 
displaced more laterally (everted). The cuboid moved laterally into a more central 
position relative to the calcaneus.  
All patients except E2 and K1 underwent tenotomy which completed the 
correction by elimination of the remaining equinus deformity (Figure 6.9). Varus was the 
most severe in E2 and next in T1 (Figure 6.10). Parallelism of talus and calcaneus was 
corrected gradually as the lateral shift of the calcaneus and cuboid (Figure 6.10) and 
plantarflexion and equinus are corrected (Figure 6.9). The least degree of deformity was 
observed in K1. 
6.3.2 Volume Analysis 
Volume of ossific nuclei and anlagen averaged over the treatment period is tabulated in 
Table 6.1 for each patient.  
The correlation analysis, as performed for individual patients, between the 
volumetric parameters and the number of days counted from the start of treatment 
(Tables 6.2 through 6.5) showed the most consistency across patients in the size of the 
clubfoot ossific nuclei in all of the anlagen except navicular (note that the ossification in 
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navicular normally does not occur in the clubfoot patients until the age of 3 or 4 [149]). 
Five of six patients showed significant positive correlations between the clubfoot ossific 
nucleus size and time in the talus, and five out of five in the cuboid (data of cuboid of T1 
was not available). The same correlation was observed in the ossific nucleus of calcaneus 
in four of six patients. The next most consistent variation with age among patients 
corresponded with the change with time in the degrees of ossification: 4/6 in tali, 3/6 in 
calcanei, and 3/6 in cuboids. Next was the change with time in the size of normal 
anlagen: 4/6 in calcaneus anlagen, 3/6 in talus anlagen, 2/6 in navicular, and 1/6 in 
cuboid.  Next, the ratio of degree of ossification in the clubfoot over the normal varied 
with time in the talus in 3/6 patients, in calcaneus in 2/6 patients, and in the cuboid in 2/5 
patients. The degree of ossification increased with time in the talus, calcanei, and cuboids 
of one, two, and three of the patients respectively. Variation of the rest of the measures 
with age was different from patient to patient. Size of the normal ossific nucleus changed 
with time in the tali of 3/6 patients, calcanei of 2/6 patients, and cuboids of 2/6 patients. 
The clubfoot anlagen did not show much variation with time (1/6 talus, 2/6 calcaneus, 1/6 
navicular, and 1/6 cuboid). The size ratio of the clubfoot to normal cartilage anlage 
increased with time in the navicular, cuboid, and calcaneus of one of the patients (K1), 
and also increased in the cuboid of L1. In the rest of the cases where effects were 
detected, the correlation coefficients were negative: talus of T1 and navicular of S1 and 
T1, i.e., 66% and 43% of the naviculars and of all the anlagen, respectively, that showed 
any significant correlation. Similar effects were present for the same parameter in the 
navicular of two more patients (E2 and B1) at lower levels of significance (p = 0.101 and 
p = 0.126 respectively). The size ratio of clubfoot to normal ossific nucleus showed a 
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positive correlation with time in the talus of one patient, and the cuboids of 2/5 patients. 
This value did not change significantly in the calcaneus. Effects were considered 
significant when p < 0.05; however, the results of correlation analyses and the 
coefficients of linear regression are summarized in Table 6.2 through Table 6.5 for all 
cases where p < 0.15. 
The correlative analysis between the volumetric parameters and patients’ age (in 
days) when data was grouped for all patients together (Table 6.6) revealed a significant 
correlation for the size of ossific nuclei and anlagen, and degrees of ossification for both 
clubfoot and normal sides in the talus, calcaneus, and the cuboid. The navicular had not 
developed an ossification center, thus, for this anlage only the size of normal and clubfoot 
anlagen, and the ratio of the latter to former were studied. Only the former two showed a 
significant correlation with the age of the patients during the period of treatment. The size 
ratio of clubfoot to normal anlagen did not produce a significant correlation with age for 
any of the anlagen. The ratios of clubfoot to normal ossific nucleus volume, and clubfoot 
to normal degree of ossification yielded a significant correlation with age in the talus, but 
not in the other two anlagen with ossification. All the correlation coefficients were 
positive, and are given in Table 6.6 along with the corresponding significance levels. 
Coefficients of the simple linear regression analyses are presented in Table 6.6 and plots 
are presented in Figure 6.11 and 6.12.  
The rates of ossification appearing in Table 6.7 show that during the period of 
treatment the clubfoot ossific nucleus grew faster than the normal side indicating that the 
difference between the two sides decreases with time. Exceptions were the calcanei of 
84 
 
patients E2 and T1. Data of cuboid ossific nucleus of T1 were not available. Interestingly, 
the cuboid grew the fastest of all the four anlagen during this period on both sides, and 
also faster on the clubfoot side. Values of ossific nucleus sizes normalized to first session 
are plotted in Figure 6.13 for three of the anlagen from different patients. 
Correlation analysis of ossification rates (values in Table 6.7) with time (age) 
showed a decrease with time for both the ossific nucleus and anlage of the clubfoot and 
normal foot (e.g., Figure 6.14). These correlations were at significant levels for the anlage 
(r = -0.770, p = 0.037) and ossific nucleus (r = -0.778, p = 0.034) of normal talus, 
indicating a decrease in growth rate with age. The other correlations with p < 0.1 
corresponded to the talus clubfoot anlage (r = -0.677, p = 0.070), calcaneus normal 
anlage (r = -0.650, p = 0.081), and cuboid clubfoot ossific nucleus (r = -0.742, p = 0.076). 
Figure 6.14 shows the decline in the rate of ossification in normal talus in all patients 
plotted against age of patient at the time treatment was initiated. 
 
Table 6.1. Mean (± std. dev.) of the volume of ossific nuclei and 
anlagen in mm3 and percentage of ossification. Average taken over the 
period of treatment. 
  
 
 
Table 6.1 (Continued)  
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Table 6.1 (continued).  
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Figure 6.8. Sagittal views of patients’ reconstructed bone geometries: (A) S1, (B) L1, (C) 
K1, (D) E2, (E) T1. 
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Figure 6.8 (continued). 
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Figure 6.8 (continued). 
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Figure 6.8 (continued). 
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Figure 6.8 (continued). 
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(A)       Visit 1                Visit 2               Visit 3                  Visit 4               Visit 5                     
 
 
 
Figure 6.9. Sagittal views of patients’ reconstructed bone geometries: (A) S1, (B) L1, (C) 
K1, (D) E2, (E) T1. 
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Figure 6.9 (continued). 
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Figure 6.9 (continued). 
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Figure 6.9 (continued). 
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Figure 6.9 (continued). 
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Figure 6.10. Axial views of patients’ reconstructed bone geometries: (A) S1, (B) L1, (C) 
K1, (D) E2, (E) T1. 
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Figure 6.10. (continued). 
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Figure 6.10 (continued). 
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Figure 6.10 (continued). 
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 Figure 6.10 (continued). 
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Table 6.2. Correlation and regression analysis of variation of talus volumetric 
variables with the number of days counted from the first treatment session (ߚ଴: 
intercept, ߚଵ: slope; r: Pearson correlation coefficient). 
Patient: S1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.017 0.004 0.920 .959 0.005 
Clubfoot DO 1.0440 0.006 0.913 .955 0.006 
Clubfoot/Normal DO 0.607 0.003 0.978 .989 0.005 
 
Patient: L1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Normal ON 0.992 0.005 0.928 .963 .004 
Clubfoot ANL 1.132 0.014 .742 .862 .030 
Normal  ANL 1.048 0.011 .772 .878 .025 
 
Patient: K1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.013 0.05 0.943 .971 .014 
Clubfoot ANL 1.024 0.008 0.656 .810 .095 
Clubfoot DO 0.996 0.036 0.977 .988 .006 
Clubfoot/Normal ON 0.455 0.016 0.664 .815 .092 
Clubfoot/Normal DO 0.614 0.015 0.788 .888 .056 
 
Patient: E2 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.162 0.026 0.744 .862 .030 
Normal ON 1.063 0.012 0.994 .997 .002 
Normal  ANL 1.030 0.006 0.982 .991 .005 
Clubfoot DO 1.199 0.023 0.801 .895 .020 
Normal DO 1.039 0.005 0.890 .944 .028 
Clubfoot/Normal DO 0.636 0.003 0.562 .750 .125 
 
Patient: T1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.873 0.007 0.637 .798 .029 
Normal ANL 0.965 0.004 0.344 .587 .110 
Clubfoot DO 0.863 0.012 0.649 .805 .027 
Clubfoot/Normal ANL 0.787 -0.004 0.522 -.722 .052 
Clubfoot/Normal DO 0.450 0.006 0.689 .830 .020 
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Table 6.2 (continued). 
Patient: B1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.911 0.018 0.963 .981 .009 
Normal ON 0.920 0.014 0.976 .976 .002 
Clubfoot  ANL 1.101 0.007 0.470 .686 .101 
Normal ANL 1.074 0.009 0.667 .817 .046 
Clubfoot DO 0.935 0.004 0.645 .803 .099 
Clubfoot/Normal ON 0.390 0.003 0.990 .995 .002 
Clubfoot/Normal DO 0.570 0.003 0.564 .751 .124 
 
* ON, ANL, and DO stand for ossific nucleus, anlage, and degree of ossification respectively and 
are normalized by the corresponding values at session 1. 
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Table 6.3. Correlation and regression analysis of variation of calcaneus volumetric 
variables with the number of days counted from the first treatment session (ߚ଴: 
intercept, ߚଵ: slope; r: Pearson correlation coefficient). 
Patient: S1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.987 0.008 0.962 .981 .002 
Clubfoot DO 0.903 0.005 0.653 .808 .049 
 
Patient: L1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.942 0.007 0.640 .800 .052 
Clubfoot ANL 0.999 0.006 0.593 .770 .064 
Normal ANL 0.952 0.009 0.911 .954 .006 
Normal DO 0.980 -0.005 0.769 -.877 .025 
Clubfoot/Normal ON 0.788 0.003 0.600 .775 .062 
Clubfoot/Normal DO 0.986 0.007 0.840 .916 .014 
 
Patient: K1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.009 0.020 0.930 .964 .018 
Normal ON 0.961 0.007 0.542 .736 .132 
Clubfoot ANL 0.946 0.016 0.794 0.891 .054 
Clubfoot/Normal ON 0.819 0.009 0.574 .757 .121 
Clubfoot/Normal ANL 0.751 0.019 0.951 .975 .012 
 
Patient: E2 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Normal ON 1.023 0.005 0.684 .827 .087 
Normal  ANL 1.023 0.005 0.813 .902 .049 
 
Patient: T1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.942 0.011 0.972 .986 .000 
Normal ON 1.239 0.018 0.728 .853 .015 
Clubfoot ANL 0.921 0.003 0.602 .776 .035 
Normal  ANL 1.025 0.004 0.561 .749 .043 
Clubfoot DO 1.039 0.007 0.804 .897 .008 
Normal DO 1.215 0.011 0.594 .771 .036 
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Table 6.3 (continued). 
Patient: B1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.905 0.020 0.977 .989 .001 
Normal ON 0.908 0.013 0.899 .899 .019 
Clubfoot ANL 0.944 0.007 0.676 .822 .022 
Normal  ANL 1.150 0.010 0.649 .805 .050 
Clubfoot DO 0.948 0.010 0.931 .965 .004 
 
* ON, ANL, and DO stand for ossific nucleus, anlage, and degree of ossification respectively and 
are normalized by the corresponding values at session 1. 
 
 
Table 6.4. Correlation and regression analysis of variation of navicular volumetric 
variables with the number of days counted from the first treatment session (ߚ଴: 
intercept, ߚଵ: slope; r: Pearson correlation coefficient). 
Patient: S1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot/Normal ANL 1.135 -0.004 0.939 -.969 .016 
 
Patient: K1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ANL 0.930 0.043 0.968 .984 .008 
Clubfoot/Normal  ANL 0.438 0.046 0.833 .913 .044 
 
Patient: E2 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Normal  ANL 1.039 0.008 0.664 .815 .092 
Clubfoot/Normal ANL 0.633 -0.004 0.637 -.798 .101 
 
Patient: T1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Normal  ANL 0.794 0.008 0.538 .734 .048 
Clubfoot/Normal ANL 1.163 -0.013 0.825 -.908 .016 
 
Patient: B1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot/Normal ANL 0.850 -0.007 0.400 -.632 .126 
 
* ON, ANL, and DO stand for ossific nucleus, anlage, and degree of ossification respectively and 
are normalized by the corresponding values at session 1. 
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Table 6.5. Correlation and regression analysis of variation of cuboid volumetric 
variables with the number of days counted from the first treatment session (ߚ଴: 
intercept, ߚଵ: slope; r: Pearson correlation coefficient).  
Patient: S1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.036 0.012 0.964 .982 .001 
Clubfoot DO 1.100 0.009 0.662 .814 .047 
Clubfoot/Normal ON 0.476 0.003 0.849 .922 .039 
 
Patient: L1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 0.120 0.896 0.937 .968 .003 
Normal ON 7.260 0.679 0.433 .658 .114 
Clubfoot ANL 0.814 0.014 0.638 .799 .053 
Clubfoot DO 5.566 0.583 0.637 .798 .101 
Normal DO 7.620 0.727 0.431 .657 .114 
Clubfoot/Normal ANL 0.626 0.012 0.728 .853 .033 
 
Patient: K1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 1.024 0.098 0.851 .923 .039 
Normal ON 0.801 0.036 0.689 .830 .085 
Clubfoot ANL 0.959 0.021 0.973 .987 .007 
Clubfoot DO 1.102 0.060 0.645 .803 .098 
Normal DO 0.718 0.095 0.921 .960 .020 
Clubfoot/Normal ANL 0.476 0.038 0.981 .991 .005 
 
Patient: E2 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON -1.330 0.500 0.905 .951 .006 
Normal ON 0.985 0.020 0.993 .997 .002 
Clubfoot ANL 0.842 0.008 0.391 .625 .130 
Clubfoot DO -0.770 0.410 0.920 .959 .005 
Normal DO 0.997 0.013 0.898 .948 .026 
Clubfoot/Normal ON 0.063 0.014 0.785 .886 .057 
Clubfoot/Normal ANL 0.568 0.006 0.541 .736 .132 
Clubfoot/Normal DO 0.099 0.018 0.843 .918 .041 
 
Patient: T1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ANL 0.754 0.012 0.481 .694 .063 
Normal ANL 0.897 0.007 0.288 .537 .136 
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Table 6.5 (continued). 
Patient: B1 ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON -1.077 0.445 0.942 .965 .004 
Normal ON 0.491 0.167 0.994 .991 .001 
Clubfoot ANL 0.881 0.006 0.523 .723 .084 
Normal ANL 0.970 0.007 0.400 .633 .089 
Clubfoot DO -0.072 0.297 0.972 .984 .001 
Normal DO 0.430 0.132 0.976 .982 .001 
Clubfoot/Normal ON 0.085 0.011 0.795 .891 .021 
Clubfoot/Normal DO 0.155 0.013 0.692 .832 .040 
 
* ON, ANL, and DO stand for ossific nucleus, anlage, and degree of ossification respectively and 
are normalized by the corresponding values at session 1. B1 did not have an ossific nucleus in the 
first session and data was normalized to the  
 
 
Table 6.6. Growth regression models. Results of correlation analysis between 
volumetric parameters and age as conducted for all patients simultaneously (Right; 
r: Pearson correlation coefficient), and linear regression coefficients relating the 
former to the latter (Left; ߚ଴: intercept, ߚଵ: slope).  
TALUS ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 55.718 3.345 0.472 .760 .000 
Normal ON 224.571 4.855 0.584 .764 .000 
Clubfoot ANL 1161.929 13.738 0.504 .710 .000 
Normal ANL 1904.894 15.022 0.580 .762 .000 
Clubfoot DO 0.075 0.001 0.224 .653 .004 
Normal DO 0.138 0.001 0.269 .519 .002 
Clubfoot/Normal ON 0.353 0.002 0.174 .417 .015 
Clubfoot/Normal DO 0.540 0.002 0.176 .419 .015 
 
CALCANEUS ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON 248.933 9.244 0.749 .866 .000 
Normal ON 408.660 7.902 0.573 .757 .000 
Clubfoot ANL 1446.396 18.950 0.588 .767 .000 
Normal ANL 1990.280 18.224 0.491 .700 .000 
Clubfoot DO 0.231 0.001 0.484 .696 .000 
Normal DO 0.236 0.001 0.202 .450 .008 
 
NAVICULAR ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ANL 169.701 3.772 0.466 .683 .000 
Normal ANL 387.746 2.423 0.296 .544 .001 
Clubfoot/Normal ANL 0.598 0.003 0.097 .312 .057 
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Table 6.6 (continued). 
CUBOID ࢼ૙ ࢼ૚ ࡾ૛ r p (1-tailed) 
Clubfoot ON -43.394 1.886 0.923 .960 .000 
Normal ON -21.917 2.348 0.762 .873 .000 
Clubfoot ANL 357.283 5.103 0.541 .736 .000 
Normal ANL 536.615 5.292 0.348 .590 .001 
Clubfoot DO -0.018 0.002 0.731 .855 .000 
Normal DO 0.026 0.002 0.531 .729 .000 
Clubfoot/Normal ON 0.302 0.003 0.101 .318 .080 
 
* ON, ANL, and DO stand for ossific nucleus, anlage, and degree of ossification respectively, and 
are absolute values (not normalized). 
 
 
 
Table 6.7. Comparison, between normal and clubfoot sides, of rates of change in the 
ossific nucleus size for individual patients. Results represent second coefficients 
(slopes) of the regression models. 
               Talus Calcaneus Cuboid 
Patient Age Normal Clubfoot Normal Clubfoot Normal Clubfoot 
S1 88 0.000 0.004 0.000 0.008 0.001 0.012 
L1 26 0.005 0.009 0.003 0.007 0.679 0.896 
K1 43 0.008 0.050 0.007 0.02 0.036 0.098 
E2 32 0.012 0.026 0.005 0.004 0.020 0.500 
T1 41 0.003 0.007 0.018 0.011 0.002 - 
B1 12 0.018 0.024 0.017 0.025 0.208 0.525 
 
* ON, ANL values are normalized over the corresponding values at session 1. 
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Figure 6.11. Volume data of all patients. Regression coefficients are given 
in Table 6.6. In all graphs hollow circles/dash line and cross markers/solid 
line represent clubfoot and normal values respectively. 
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Figure 6.11 (continued). 
 
 
200
400
600
800
1000
1200
1400
1600
0 50 100 150
Age (days)
C
ub
oi
d 
A
nl
ag
e 
V
ol
um
e 
(m
m
3 )
0
100
200
300
0 50 100 150
Age (days)
C
ub
oi
d 
B
on
e 
V
ol
um
e 
(m
m
3 )
200
400
600
800
1000
1200
1400
1600
0 50 100 150
Age (days)
N
av
ic
ul
ar
 A
nl
ag
e 
V
ol
um
e 
(m
m
3 )
111 
 
.  
 
 
Figure 6.12. Values of degrees of ossification for all patients in three 
anlagen showing ossification. In all graphs hollow circles/dash line and 
cross markers/solid line represent clubfoot and normal values respectively. 
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Figure 6.13. Normalized volumes of talus, calcaneus and cuboid ossific 
nuclei by the corresponding values at the beginning of treatment plotted 
against age for patients separately. In all graphs hollow circles/dash line 
and cross markers/solid line represent clubfoot and normal values 
respectively. The rate of ossification is clearly higher on the clubfoot side 
than the normal.  
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Figure 6.14. Rate of ossification in normal talus in all patients plotted 
against age of patient at the time treatment was initiated. A sharp decline 
is observed as age increases suggesting beginning treatment immediately 
upon diagnosis. 
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revealed an effect between the volumetric measure of bone deposition (volume of bone 
added on the surface) between each two sessions, and the strain energy density (r = 0.749, 
p = 0.013), fluid volume ratio (r = 0.750, p = 0.013), and the magnitude of the fluid 
velocity (r = 0.752, p = 0.013) when the UMAT model was utilized. When the linear 
elastic assumption was used for the extracellular matrix, significant correlations were 
found between the volumetric measure of bone deposition and the fluid velocity 
magnitude only (r = 0.627, p = 0.05). No significant correlations were observed for the 
rest of the mechanical quantities. Tables 6.8, 6.9, and 6.10 summarize the results of this 
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section. Figure 6.15 shows the pressure stress distribution in the talus as a result of 
manipulation and casting. The Pearson correlation coefficient and the significance levels 
calculated between the two measures of bone deposition, as described in Chapter 5, were 
r = 0.874 and p = 0.001 respectively. 
 
 
Figure 6.15. Pressure stress distribution (kPa) in the talus as a result of manipulation 
and casting. 
 
 
Table 6.8. Regression analysis of normalized volumetric bone deposition versus 
mechanical quantities – matrix represented with UMAT (ߚ଴: intercept, ߚଵ: slope). 
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Table 6.9. Regression analysis of normalized volumetric bone deposition 
versus mechanical quantities –matrix represented as linear elastic (ߚ଴: 
intercept, ߚଵ: slope). 
 
 
Table 6.10. Regression analysis of bone deposition in the normal direction 
(݉݉) versus normalized volumetric bone deposition (݉݉ଷ/݉݉ଷ); ߚ଴: 
intercept, ߚଵ: slope. 
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CHAPTER 7.  DISCUSSION 
7.1 Discussion 
7.1.1  Mechanical Properties of Fetal Talus 
The stress relaxation behavior of fetal human talar cartilage anlage was investigated in 
this study in the confined and unconfined compression configurations. The extracted 
mechanical properties were different from adult articular cartilage properties and similar 
to those reported in a few studies of fetal and newborn articular cartilage [150-151]. The 
literature suggests large variability among the mechanical properties of articular cartilage, 
which may be in part due to different testing geometries, varying test sites, and different 
species. Similarities and differences between the biology and biochemistry of various 
species cartilages, regardless of the anatomic similarity between their sources, are 
important factors in explaining the differences in mechanical properties.  
The biochemical composition and the ultrastructure of the extracellular matrix 
(see Chapter 3) together determine the resulting biomechanical properties of cartilage 
[152]. These properties have been mainly associated with the collagen network and 
glycosaminoglycan constituents (negatively charged chains attached to the core protein of 
PGs) of the extracellular matrix [153-154] which vary over time with development and 
also across anatomic sites and various species. The differences between our results for 
fetal developing cartilage and the literature values for adult or fetal articular cartilage of 
various species may be attributed to the same sources [11]. 
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The increase in the collagen content with development has been reported in the 
literature [11, 150-151]. Although collagen network has been commonly believed to 
primarily contribute to the tensile properties of cartilage, its role in defining the 
compressive behavior has been highlighted more in recent studies [151, 155-163]. 
Paralleled with this growth in the collagen network, the equilibrium aggregate and 
Young’s moduli (0.11 ± 0.04 and 0.06 ± 0.03 MPa) we found in the present study were an 
order of magnitude smaller than the literature values for adult articular cartilage. 
There is a large variation in the literature in the values of Poisson’s ratio from 
compression tests (0.0-0.48) [164] stemming from - to name a few - the use of non-
standardized methods, specimen sources, and varying test configurations. The Poisson’s 
ratio we observed is at the high range of reported values, among a few other studies [165-
171]. One reason is that the Poisson’s ratio obtained here is the intrinsic value. As fluid 
drains from the lateral surfaces, the total volume reduces and therefore the apparent 
Poisson’s ratio is lower than the intrinsic Poisson’s ratio of the matrix. Second, the 
collagen network primarily controls the Poisson’s ratio [155]. The tested fetal cartilage 
anlage (mostly precursor to bone, not articular cartilage) is soft and its collagen network 
lacks the organized fibril arrangement and high cross-linking (governing the tensile 
behavior) present in adult articular cartilage, and thus has greater tendency for lateral 
expansion (e.g., in unconfined compression) which gives rise to higher Poisson’s ratios. 
Supporting this notion is the inverse relationship between stiffness and Poisson’s ratio 
[155].  
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The dry weight measurements (13.1 ± 1.8%) indicate the tissue is highly 
hydrated. Considering the cartilage matrix gets softer and more permeable as the water 
content increases [172-173], the low dry weight is consistent with the low stiffness and 
high permeability values found. The strain-dependent exponential representation of 
permeability yielded good model fits (r2 = 0.963 ± 0.017) to the experimental data. The 
results indicated lower permeability in the fetal tissue we tested as compared to adult 
talus permeability. Noting that hydraulic permeability is related to the matrix pore 
structure, and the pore size and connectivity, the effect of age on this parameter can be 
explained by augmentation of the collagen network size as development progresses. A 
more permeable matrix facilitates the fluid flow in the tissue.  
In-depth studies are required to understand the reasons for differing properties 
between mature and developing cartilage. In brief, the relatively high Poisson’s ratio, 
high permeability, low dry weight, and low stiffness moduli found herein are consistent 
with and confirm previous work on developing cartilage.  
7.1.2  User Material Subroutine (UMAT ) 
An approach was presented for implementing the finite deformation biphasic theory for 
application in commercial FE codes by formulating a strain energy function [122] the 
corresponding material constants of which were obtained from the mechanical properties 
extracted using test configurations common for characterizing soft tissues. To determine 
the constants ߙଵ and ߙଶ of the strain energy function (ߙ଴ is readily found in terms of ܪ஺଴ 
and ߚ), the constitutive equations were simplified independently to two different 
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narrower scenarios. First, the general stress equation was simplified to a 1-D compression 
configuration to represent the confined compression test while allowing for finite 
deformations. The second equation was obtained by reducing the problem to the scope of 
infinitesimal strains without constraining dimensionality. The results were then 
substituted into the general nonlinear elasticity equations. 
The linear biphasic model assumes a constant stiffness and permeability, 
however, the permeability is dependent on the strain. The decrease in pore size with 
added deformation leads to an increase in the drag forces, and thus a decrease in 
permeability. The nonlinear biphasic model incorporates the strain-dependent 
permeability while the solid matrix behavior is assumed strain-independent. Local 
deformation under compression reduces the permeability causing a larger drag force on 
the fluid, which by itself increases the local deformation. Consequently, the nonlinear 
permeability effect can have an exaggerated effect unless the nonlinear elastic response 
of the solid phase is also accounted for [174]. The finite deformation accounts for both 
the nonlinear elasticity of the solid phase and the strain-dependent permeability.  
In the confined compression simulation the UAMT showed more rapid relaxation 
in the early stages of the relaxation relative to the nonlinear biphasic model. This is 
similar to the results of Suh and Spilker on indentation analysis of articular cartilage 
under finite deformations [175] . The relaxation rate was similar for both models in the 
later relaxation periods. The equilibrium stresses predicted by the nonlinear biphasic 
model were larger than those given by the UMAT. To check if more relaxation would 
have occurred if given longer time, the same simulation was performed with 1000s and 
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2000s relaxation times rather than the 500s period used in the experiment (results not 
shown). The added amount of relaxation was not considerable. The UMAT had a larger 
peak-to-equilibrium stress similar to a previous study of an indentation test [175]. The 
confined compression simulation highlights the importance of a proper choice of material 
model for the tissue matrix. It is observed that at high strains (encountered 
physiologically), the nonlinear biphasic model fails to predict the peak stresses; neither 
does it provide a close fit to the stress relaxation phenomenon as observed in the 
experiment (Figure 6.5). 
In the simulation of the unconfined compression configuration, the model 
exhibited a linear response. In the whole tissue structure experiment, the peak stress 
estimated by the nonlinear biphasic theory at the higher strain cycle was smaller than that 
of the experiment. Figure 6.7 demonstrates the total stress sensed by the load cell from 
the tissue under cantilever testing along with the results of simulation. The UMAT output 
agrees well with short and long term response of the tissue. 
There are several approximations present in our model development. One is that 
the material model uses compressive properties of the tissue and is applied to predict the 
tissue response under general loading conditions. Generally, more attention has been paid 
in the literature to characterizing hyaline cartilage in compression than in tension, and the 
reports on compressive properties are more abundant. The assumption of isotropy is 
inherent in the biphasic theory; however, it has been shown that cartilage in fact exhibits 
an anisotropic response since the collagen fibrils cannot withstand compression as well as 
they resist tension. It seems a helpful next step to further develop the subroutine to 
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incorporate two sets of properties for tension and compression. This can create a 
discontinuity in the material stiffness matrix which is likely to cause convergence issues 
and thus requires special treatment. For the purposes of the current study, assumptions of 
homogeneity and isotropy are viable choices as the cartilage of interest is in a highly 
immature state lacking the structural organization that is present in the articular cartilage 
for instance.  
Another approximation is the linearization of the Cauchy stress tensor to attain an 
additional equation to solve for the three constants of the strain energy function, and 
applying the resulting constants to a finite deformation problem. This is however a 
reasonable approximation since the results of the unconfined compression experiment 
were used to formulate this equation and it can be seen from our results that the stress-
strain data were fitted very well with a straight line. 
Similarity between the experiment and model prediction was satisfactory in both 
the cantilever testing of the whole tissue structure and reproduction of the confined and 
unconfined compression experiments on a tissue sample. Due to limitations in obtaining 
the fetal cadaveric materials, we were able to carry out one whole tissue test to verify the 
UMAT prediction against experiment.  
The importance of coding the finite deformation biphasic theory in UMAT is 
manifested in FE studies of mechanobiology for instance: while the subroutine UHYPER 
can be sued to identify a strain energy density function for a hyperelastic material, it does 
not allow inclusion of adaptive phenomena. One such example is the study of 
endochondral ossification under the influence of mechanical stimulation. Such model will 
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involve two distinct areas of bone and cartilage, with the bone density increasing over 
time, with more and more turnover of cartilage areas to new bone which in turn gets more 
compact over time and changes its physical properties. Simultaneously, the cartilage 
region expands in size adding more cartilage that will ossify subsequently. Additionally, 
all of these processes are presumably dependent on the mechanical environment, which is 
a phenomenon that can be formulated as a growth and adaptation law in the UMAT into 
the framework of the finite deformation biphasic theory, once again highlighting the 
importance of inclusion of finite deformations.  
In summary, the presented method provides a straightforward means to formulate 
the finite deformation biphasic theory for finite element analyses of soft tissue. The user 
material model developed accordingly was capable of predicting the instantaneous and 
long-term behavior of the cartilage anlage, and may be used to model soft tissues 
according to the finite deformation biphasic theory, and also to further incorporate other 
effects and details such as growth and adaptation. 
7.1.3  The Clubfoot “Experiment” 
The human infant clubfoot offers a unique human model to explore the relationship 
between external loading and anlagen adaptation.  The clubfoot is normally small and the 
hindfoot bones are retarded in development.  We have observed an increased rate in the 
growth of the ossific nuclei when clubfoot is treated by manipulation and casting.  Thus, 
when unilateral, clubfoot treatment is a naturally occurring “experiment” which offers the 
opportunity to explore the normal development, the retarded development before 
treatment, and the acceleration of development with treatment.  It requires none of the 
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sorts of internal perturbations associated with many animal experiments that might alter 
the biological responses independent of the manipulation and casting.   
Our unique observations regarding shape changes of anlagen suggest that the 
forces produced during manipulation and casting create immediate shape changes of the 
soft anlagen. With the constant but gentle pressure on the anlagen and stretch on the 
ligaments inside the cast, the two tissues adapt over the period of casting. That is, the 
anlagen assume the new “deformed” but more “normal” shape, and the ligaments assume 
the new “stretched” but more “normal” length. During the next manipulation and casting, 
these phenomena repeat themselves until the cartilage has a more normal shape and the 
ligaments have a more normal length ultimately allowing for more normal positional 
relationships. 
Ponseti advocated sequential correction of the cavus, adductus, and varus through 
manipulation and casting, and treating the equinus using a heel cord tenotomy [176]. 
Following this protocol, tenotomy was performed in the last visits in this study on all 
patients but two where a tenotomy was not assessed necessary. The persistent equinus is 
observed in the images before the heel cord release (Figure 6.9) followed by the 
improvement in the equinus deformity illustrated in the last image on the far right.  
Assessment of the deformities of the skeletal system has been mostly done using 
measurements on plain radiographs, in the form of length measurements. More recently 
computed tomography (CT), magnetic resonance imaging (MRI) combined with image 
processing programs have been used for three-dimensional computer modeling and 
studying the clubfoot condition. Because the tarsal bones of infants are not completely 
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ossified and are mostly cartilaginous, it has been difficult to assess the morphology and 
alignment of individual tarsal bones during infancy. Since the advent of MRI quantitative 
image analysis of the cartilage anlagen has become feasible and several studies have 
reported volumetric measurements of these anlagen [30, 37-38, 177-178]. 
Traditionally, the projections of talocalcaneal angle (angle formed between the 
long axes of talus and calcaneus) on the lateral and axial planes have been the most 
accepted radiographic measurements for evaluation of clubfoot [46, 53, 179-180]. An 
increased AP (anteroposterior) talocalcaneal angle indicates valgus of the hindfoot 
whereas a decreased angle is an indication of varus condition where the talus and 
calcaneus are parallel as seen in clubfoot (Figure 6.10). The lateral talocalcaneal angle is 
decreased with varus or equinus and is increased with valgus or calcaneus deformities 
(Figure 6.9). The reported ranges in normal feet for these angles are 10-56o and 15-55o 
for the AP and lateral talocalcaneal angles respectively [179, 181-183]. For clubfeet 
Ponseti et al. found the AP and lateral talocalcaneal angles to be 4-25o and 10-34o 
respectively. The parallelism of talus and calcaneus in the clubfoot as opposed to the 
normal side is observed in Figure 6.9, and the increase in this angle can be appreciated as 
the treatment continues. 
Correction of the medial rotation of calcaneus can also be observed in Figure 
6.10. The angle between the long axis of calcaneus and the bimalleolar axis (imaginary 
line connecting the two lower outer points on the tibia and fibula) in the AP view has 
been used as a measure of the degree of medial rotation of calcaneus. As illustrated in 
Figure 6.10, under treatment the calcaneus departs from a severely adducted state 
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(medially shifted underneath the talar head) to a position nearly normal to the bimalleolar 
axis. An average value of 87.8o has been reported for this parameter [32] for normal feet 
of children between 4-2 months of age. 
The adaptive mechanism during manipulation and corrective casting consists of 
immediate cartilage anlage shape changes as the casts are applied followed by a slower 
adaptation during the periods the casts are maintained. In a resting (unstressed) position 
the hindfoot anlagen were deformed and compressed against one another by the 
thickened and contracted soft tissues, so when these loads are removed by the corrective 
cast the cartilage anlage immediately acquired a more normal shape. After a period of 
one week on average in the corrective cast, there were no drastic changes in the shapes or 
relative positions of the anlagen from just prior to after cast removal. This suggests that 
during the period of casting, the anlagen matrix adapted to their new shapes and positions 
so they did not revert to the original shape when the loads induced by the cast were 
removed, but rather maintained the more normal shape imposed immediately after 
casting. This phenomenon raises interesting speculations: How quickly do these adaptive 
changes occur? If they occur much quicker than one week, then cast frequency could be 
increased, perhaps decreasing the time of treatment and even resulting in more normal 
shapes. 
 It is evident from the results of the present study that the rate of bone formation is 
significantly higher in clubfoot undergoing Ponseti treatment than the normal side. It is 
widely believed that the ossification of the cartilage rudiments is mechanically regulated 
beginning from early stages of endochondral ossification and continuing throughout life. 
126 
 
Observations of skeletal development in human embryos with muscular defects, and 
experiments on avian embryos lend support to this view. Based on the idea of Pauwels 
[184] concerning the relative influence of hydrostatic and shear stress, Carter proposed 
the bone maintenance theory [108] which describes the tendency of formation of fibrous 
connective tissue, cartilage, or bone by an osteogenic index 
ܫ ൌ෍݊௜ሺ ௜ܵ ൅ ݇ܦ௜ሻ
௖
௜ୀଵ
 
where ݊௜ is the number of loading cycles of a particular loading condition, ܿ is the 
number of such different loading conditions, ܵ and ܦ denote the cyclic octahedral shear 
stress and hydrostatic stress respectively, and ݇ is a constant weight factor. Carter and 
colleagues [3, 185] have proposed that endochondral ossification is accelerated by cyclic 
shear stress and slowed down by cyclic compressive dilatational stress. Dilatational (or 
hydrostatic) stresses produce volume changes if the material is compressible, but no 
distortion, whereas deviatoric (distortional or shear) stresses cause material distortion but 
no volume change. The stored strain energy is the sum of the deviatoric and dilatational 
energy.  
Experimentally, the effects of different biophysical stimuli on the process of 
endochondral ossification have been studied in in vitro organ culture models of fetal 
murine metatarsal bones [73-75], where hydrostatic compression was found to stimulate 
chondrocyte hypertrophy and the extracellular matrix mineralization. In one of these 
studies [73] for instance, effect of intermittent and constant compressive force (ICF and 
CCF) on ossifying long bones and calvarial rudiments was investigated, and it was 
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reported that ICF did not accelerate the onset of cartilage hypertrophy, but once a 
hypertrophic zone had developed, ICF accelerated mineralization in this zone. This effect 
was ascribed to the development of shear stresses at the interface of mineralized and non-
mineralized tissue under the influence of hydrostatic pressure. 
Studies concerning the effect of immobilization on cartilage maintenance and 
cartilage turnover to bone showed that cartilage formation was induced in the chick 
embryonic tissue under intermittent mechanical stimulation; however, on the contrary to 
the commonly accepted views, immobilization of the cell cultures caused transformation 
of this cartilage into a bone-like structure [186-187]. Similarly, in a study using a rat 
model for bone repair, the fate of mechanically induced cartilage after unloading was 
investigated [188].  The mainly hydrostatic stresses in their experiment induced both 
cartilage formation and bone resorption in agreement with Carter’s theory, but when the 
mechanically induced cartilage was maintained in unloaded conditions, unloading was 
found likely to facilitate endochondral ossification rather than cartilage metabolism. 
From the mechanics stand point, our findings could be explained by Carter’s 
theory and the above experiments. The tendons and ligaments are shortened in clubfoot, 
and the foot is in supination and plantarflexion. In addition, the navicular is eminently 
shifted medially and presses tightly against the medial aspect of the talar head. This 
malpositioning of the anlagen creates compressive stresses in the head and neck area. 
With the Ponseti technique, the first cast corrects the cavus deformity (lifts the first 
metatarsal), the second cast starts to externally rotate the supinated and plantarflexed foot 
around lateral head of talus, and the process of gradual correction is continued in the 
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following casts until all components of deformity are corrected simultaneously (as 
previously stated, the equinus deformity may persist until the end in which case a heel 
chord tenotomy will be performed). It may be postulated that without treatment, 
intermittent compression on the anlagen is maintained by muscle contractions in the foot 
in supination, plantarflexion, and cavus deformities thereby inhibiting bone formation in 
the talus. As the deformities are corrected with manipulation therapy and immobilization 
in the cast, the pressure on the anlagen is released and the ossification is much improved. 
During the cast period, intermittent muscle contractions are present through wiggling of 
the foot but with much lower magnitudes and possibly lower frequency than when 
mobile. The accelerated ossification in the talus while immobilized in the cast is 
consistent with the experiments cited above. Such magnitude and frequencies are 
unknown to our knowledge, but it is possible that they are similar to those in the late fetal 
periods. These muscles probably apply small amounts of stress on the anlagen that are 
positioned in a more corrected form thus inducing ossification in a more normal template. 
The progressively stiffening caused by more bone formation will in turn prevent the foot 
from reverting to its pre-correction form after cast removal.  
The interpretation of our results based on previous research should be taken 
tentatively, due to lack of sufficient knowledge on the loading environment in the foot 
such as ligament and tendon forces, pressure magnitudes applied among the anlagen, 
muscle contractile forces, and the frequency of occurrence of these quantities in normal 
foot, in untreated clubfoot, and clubfoot undergoing manipulation and immobilization 
therapy. These become especially important since Carter emphasizes the importance of 
intermittent stimulation, and its difference with static loading. 
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Consistent with previous observations, our MRI scans show that the ossification 
center in the neck of the talus is situated in a more lateral position as compared to normal. 
Due to the varus of the forefoot and compression of the navicular against the head of the 
talus on its medial aspect, the medial side of talus must be in compression whereas the 
lateral side is under tension, thus more bone formation occurs near the lateral side. 
Similarly, Fritsch and Eggers speculated based on the view of Pauwels, that their findings 
indicating formation of perichondral bone on the inferomedial surface of the clubfoot 
calcaneus as compared to its lateral position in normal calcaneus could be explained by 
possibly higher bending stresses at the inferomedial surface cause by the deformities and 
a short and uncoiled Achilles tendon. It must be noted that Pauwels’s view of 
‘endochondral’ ossification and the genesis of the secondary ossific nucleus is in conflict 
with the theory of Carter and co-workers, as he believed that the secondary ossific 
nucleus forms in the areas of “pure and high hydrostatic pressure”.  
Our finite elements analysis results revealed no correlation between the amount of 
bone deposition between each two visits and either the equivalent von Mises stress or the 
hydrostatic pressure. Our findings, however, suggest a significant positive correlation 
between the strain energy density stored in the areas of cartilage around the surface of the 
ossific nucleus, and the increase in the size of the ossific nucleus when the hyperelastic 
UMAT model was used to represent the solid matrix. Stress is a tensor quantity and in a 
three dimensional analysis it must be defined by either six stress components or three 
principal strains and their orientation angles, whereas the strain energy density is a scalar 
quantity that has no directional preference and is an invariant of the amount of distortion, 
thus providing a direct measure of it. The energy drives the biochemical reactions 
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involved with the ossification of the cartilage anlage, and is stored in the solid matrix. 
When the material is nearly incompressible such as cartilage (here νs= 0.37), the strain 
energy density arises mostly from the deviatoric stresses. Our study showed a significant 
correlation between the volume added to the ossific nucleus with one (strain energy 
density), but not the other (von Mises stress). This might be due to the departure from 
incompressibility. The computed strain energy density is the true energy density (that of 
the solid matrix) and not an apparent level quantity. 
Inclusion of the fluid phase in finite element analyses of cartilage is important as 
the fluid flow can significantly alter the deformation of the solid due to the frictional drag 
forces resulting from the movement of one phase relative to the other. Carter’s theory 
[108] has been used in finite element models to analyze tissue morphogenesis with the 
tissue represented as an elastic isotropic solid. Prendergast and Huskies [189] studied the 
peri-prosthetic tissue formation observed in an animal experiment using finite element 
analyses with both elastic and biphasic models. Their results yielded different osteogenic 
indices for the two, and showed that the osteogenic index works best when the tissue is 
modeled as a biphasic material. Similarly, discrepancies were observed between the 
results of the two approaches and the consequent interpretations in a study of 
mineralization of fetal cartilaginous metatarsals [88]. In our study, both the solid and 
fluid phases were included. As a result, we were able to study two parameters as stimulus 
candidates: magnitude of the pore fluid effective velocity, and the total fluid volume 
ratio.  
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Mechanical loading not only deforms the tissue, but also causes movement of 
extracellular fluid through the matrix. There is growing body of evidence that fluid flow 
within the canaliculae and lacunae of bone is primarily responsible for mechano-chemical 
signal transduction in bone cells [80]. Theoretical models have also been developed 
describing the excitation of osteocytes by fluid shear stress induced by mechanical 
loading [84]. Such fluid flow may stimulate bone cells via wall shear stress, streaming 
potentials, or chemo-transport related effects [77-79]. The dominant determinant of the 
bone cell’s response to this fluid flow is hypothesized to be due to fluid shear stresses that 
stimulate cell wall processes [84-87], causing cell deformation and subsequent metabolic 
activity via integrins and the cytoskeleton [81].  
In our study, when the hyperelastic UMAT was used to represent the solid matrix, 
we found statistically significant positive correlations between both of these parameters 
and the change in the volume of the ossific nucleus, but when the matrix was regarded as 
linear elastic, a significant correlation was found between the added volume and the 
magnitude of fluid velocity only (see Tables 6.8 and 6.9).  It can be argued that the fluid 
flow around the ossific nucleus stimulates the hypertrophied chondrocytes leading to 
ossification. 
We calculated the fluid velocity at the interface of the cartilage and bone, where 
the ossified region was considered solid. The effect of porosity of the bony tissue was 
taken into account when using the empirical law between in its density and the Young’s 
modulus (equation #); however, the bone geometry itself was not regarded as porous in 
the FE model. The stress and velocity profiles at the cartilage/bone interface will change 
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by adapting more realistic boundary conditions; nonetheless, our results clearly show that 
the choice of material model for the solid matrix lead to different results regarding the 
volume ratio of the present fluid. Different models of solid matrix lead to different 
deformations and subsequently different flow patterns.  
In studies of the ossifying femoral anlage and osteoarthritic adult hip joint [185, 
190], the vascular blood supply to the femoral head correlated with regions not subjected 
to high magnitudes of intermittent hydrostatic compression. This is consistent with 
disrupted vascularization in the neck and head region of the talus under high compressive 
forces in the presence of clubfoot deformities. 
The talus is the first tarsal to show cartilage canals [191]. The cartilage anlage of 
the talus is well vascularized throughout by cartilage canals containing blood vessels and 
connective tissue before the appearance of the primary ossification center [191-192]. 
Because the primary ossification center of the irregular bones (and the epiphyses of the 
long bones) occur in very late fetal periods or postnatally, the cartilage mass is large 
beyond the diffusion of the perichondral vessels and the cartilage canals develop to 
supply the large cartilage structures. They nourish the cartilage and supply osteogenic 
tissue to develop the ossification center of the talus.  
The normal adult arterial blood supply to the ankle and foot is generally provided 
by three arteries: posterior tibial, anterior tibial, and peroneal. However, alteration of this 
normal arterial pattern has been documented to occur at a high frequency in patients with 
clubfoot [193-199]. The cartilage anlage of the talus is the first among the tarsals to show 
vascular invasion in early fetal life, but its ossification does not start until late fetal life 
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[21]. The normal adult talus is well vascularized from four sides [200-201]. The body of 
the talus is mostly supplied by the anastomotic artery in the tarsal canal, and by the 
deltoid branches as the second most important source [201]. These vessels derive from 
the posterior tibial artery which is the major vessel supplying the foot [195]. The head of 
the talus is supplied from two sources: branches from the anterior tibial artery or the 
dorsalis pedis artery supplying the medial superior half, and the artery of the tarsal sinus 
supplying the lateral and inferior half of the head [201]. Fritsch et al. [36] found similar 
blood supply to the adult in the talar ossification center in new born. As compared to 
adult, it was shown that the main blood supply in the newborn derived from the vessels of 
the sinus tarsi [36, 192], and also from the dorsal neck vessels [36]. The superior surface 
of the talar neck is invaded by superior neck vessels [36]. They derive from the  dorsalis 
pedis artery, enter the talar head and branch within the ventral tip of the ossification 
center [36] (the manner in which the branches of these vessels reach the ossification 
center through cartilage canals have been described [191]). Arteriographic studies of 
clubfoot have found moderate to severe circulatory deficiency involving the dorsalis 
pedis artery [193, 195], and the posterior tibial artery [194, 196-197, 199]. The anterior 
tibial artery has also been reported hypoplastic in clubfoot patients [195, 199].  
Vascular disruption in the anterior part of talus could possibly be in part due to 
the malpositioning of the foot anlagen imposing high magnitudes of compression on 
those regions when untreated. The patient will walk on the outside of the foot (supinated 
foot) if treatment is not performed, leading to further disruption of vascular supply. With 
treatment performed, in addition to mechanical stimulation of chondrocytes and 
osteocytes, it is possible that rechanneling of the blood supply occurs with lifting of the 
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hydrostatic compression from the anterior region of the talus. This will bring in supplies 
of osteogenic tissue to the ossification center leading to further development of bone.  
We stress that these postulated mechanisms are unique, since the emphasis has 
always been on stretching of tendons and ligaments leading to correction of relative 
positions of the anlagen, and not on correction of the anlagen shapes and their 
ossification centers (Ponseti, however, commented on the correction of the angle of the 
talar neck [202]). There were only two patients with treatment intervals of 3 and 4 days, 
and the other patients had an average of 7 days elapsed between treatments. The number 
of cases was not large enough to delineate a difference between the means of ossification 
rates of these two groups. However, based on our observations, this rate is clearly higher 
in the clubfoot undergoing treatment than in the normal side, and additionally, it declines 
over time. Altogether, this suggests the outstanding possibility of improvement in the 
outcome if treatment is initiated immediately after birth: faster bone formation will occur 
in the treated clubfoot side which will continue to deposit on a cartilaginous template that 
is also continuously adopting a more correct form even more rapidly due to reshaping 
under manipulation and casting. Shorter periods between treatments can therefore 
possibly enhance the treatment outcome, but such a conclusion requires study of a large 
number of patients. If we knew that the cartilage anlagen did not revert to their previous 
shapes and positions, undoubtedly more treatments with shorter wait in between would 
be the ideal solution. The question then becomes: how long between each two visits is 
long enough for the cartilage anlagen and the tendons to completely adapt to their 
corrected forms and maintain the corrections upon cast removal at each session and 
finally after the last treatment session. The importance of this mechanism is that it opens 
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the possibility of a new way to guide the initial nonoperative treatment of clubfoot: the 
frequency and number of manipulations and corrective castings might be gauged by the 
degree of shape and positional changes of the anlagen, and the timing of cessation of 
treatment might be based upon appropriate shape and position corrections achieved.  
7.2 Limitations and Future Work 
There are several limitations in the present study. First and foremost, there is a limitation 
in the number of patients in a human study of this nature. Cost as well as obtaining 
consent of parents for examination of their child according to the protocol is not trivial: 
the protocol included mild sedation and three sets of scans per each treatment session for 
the clubfoot side and one set for the normal side. Access to a higher number of patients if 
possible would provide better assessment of the deformities and the mechanisms of 
correction. Similar limitation existed regarding access to human cadaveric material. We 
used full-term fetal tissue for mechanical characterization as an approximation to the 
new-born as the average age of the clubfoot patients was 40 days. Characterization of the 
involved tissue at ages closer to the patients’ is likely to provide more accurate results 
and such is the case with testing of a higher number of samples if available. 
Although useful results have been produced using our UMAT, the developed 
model has not been tested exhaustively. This is due to the general limitation of the study 
regarding limited supply of cadaveric material. A larger number of examples have to be 
run, and compared with experimental/clinical data for a reliable validation. The model is 
better applicable for isotropic homogeneous materials such as the immature tissue under 
study here. In the general context of soft tissues, depending on the site, these assumptions 
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may not bear close proximity to reality. Thus, it seems reasonable to consider models 
which can account for inhomogeneity, anisotropy and deformation nonlinearities 
simultaneously (Huang et al. [128], Wilson et al. [203]) when the tissue mechanics itself 
is the central focus. However, when mechanobiological studies are the scope of interest, 
it is important to realize the involved compromise on the computational cost. It is 
possible to use an extremely detailed model that can factor for many features of the tissue 
structure and composition; however, if implementing another class of intricacies other 
than tissue mechanics - such as growth and adaptation - is the purpose, it might be more 
reasonable to suffice to a model that produces reasonably good results allowing to 
explore such mechanisms without too heavy computational cost. 
In the models of morphogenesis, the direct effects of mechanical environment on 
cell metabolism and tissue adaptation are considered but the indirect influence of 
mechanical stimulation on development through mechanisms such as changes in patterns 
of vascularization require attention. One such example is the hindrance and progression 
of endochondral ossification in birth defects such as clubfoot, where vascular disruption 
(vascular hypoplasia) is considered one of the possible origins of this deformity. The here 
used interpretation of our data related to the vascular abnormalities is not unique but one 
of many reasonable possibilities; nonetheless, creating models of cartilage anlagen that 
incorporate tissue vascularization along with mechanobiological models including such 
events seems a helpful strategy in casting light on the present subject. With a deformity 
so diverse in its possible causes, one can only speculate based on such limited data. 
Among other theories of etiology of clubfoot, the intrauterine molding defect, blastemic 
defect of the tarsal cartilage, and abnormal tendon insertions are a few readily 
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investigable mechanically by building on the available body of work that has researched 
various mechanisms of development. 
We studied the stresses caused by changes in shape of the talus and assumed the 
other sources of stress to remain unchanged under manipulation so that they would serve 
as a baseline upon which the additional stresses created by anlagen shape changes were 
added; however, one of the correction mechanisms in clubfoot treatment is the stretching 
of the tendons to a more normal length, and inclusion of the sites of tendon insertion and 
the forces they produce under treatment can create more accuracy. Additionally, research 
on adaptation of tendons and ligaments and the time scale of these events may be an 
important consideration. The change in articulation surfaces was taken into account in the 
sense that the shape changes are accompanied by a relative shift of the neighboring 
anlagen following the contour of the manipulated anlage, therefore, the deformation field 
calculated based on the difference of the two geometries provided some information on 
the stresses imposed by the newly achieved congruity. More definitive results are likely 
to be obtained however, by incorporating details on the interactions among the various 
anlagen. 
There is a lack of certainty in the segmentation of the scans as well as the manner 
in which the anlagen of different visits are aligned. This is possibly one reason why the 
geometrical comparison data at bone surface points obtained from mapping of the old 
bone surface to the new bone surface did not correspond to the spatial distribution of 
mechanical quantities. It was only when these quantities were averaged over the region 
surrounding the bone surface and correlated with the added bone volume that significant 
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correlations were present between the two. It is not expected that mechanical stimulation 
did not affect this process and an effect did not exist, but rather insufficiency of the tools 
to detect this effect seems to be the most probable cause. The anlagen, especially the talus 
which was the focus of the current study, have highly irregular shapes. The ossification of 
talus does not occur symmetrically and equally in all directions, i.e., the ossific nucleus of 
the talus is not a miniature representation of the talar anlage itself. It is for this reason that 
it is invaluable to this type of studies to identify methods which can enable exploring the 
directionality of bone deposition in response to mechanical modulation, in addition to an 
average sense. Additionally, our results indicate the stimulation of the cartilage leading to 
bone formation, but not the bone itself directly. Information on the internal development 
of the ossification center, with the aid of tools such as high resolution CT for instance, 
and pairing it up with theories of bone remodeling and adaptation can provide a window 
of opportunity for studying stimulation and internal development of the bone as well. 
Finally, to target the question raised in the last paragraph of the discussion 
regarding the possibility of improvement by shortening the amount of time between 
treatment sessions, it is important to study a larger population of patients that had 
treatment performed at different intervals to allow for analysis of variance. 
In summary, characterizing the spatial and temporal sequences of development of 
the human hindfoot anlagen, and identifying the mechanisms by which they occur might 
well serve as paradigms for tissue engineering and regenerative medicine approaches, as 
well as study of human musculoskeletal diseases. 
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APPENDIX A. DEFINITION OF FOOT MOTIONS AND DEFORMITIES 
 
 
 
 
The three foot segments (forefoot, midfoot, and hindfoot) are linked together by strong 
ligaments. Because of this linkage, all foot movements occur concurrently. The following 
are the definitions of motions and deformities of the foot. 
- Supination/Pronation: combination movements in the individual foot joints. Supination 
refers to the sole pointing inward, and pronation refers to sole turning outward (Figure 
A-1). 
 
Figure A.1. Foot Supination: sole turning inward (From Turek’s Orthopaedics [1]). 
 
- Varus (inversion)/Valgus (eversion): motions of a foot segment on a theoretic 
longitudinal axis (Figures A-2, A-3).  
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- Adduction/Abduction: motions of the foot segment on a theoretic vertical axis (Figure 
A-4). 
 
 
 
Figure A.2. Forefoot varus 
(inversion; A) and forefoot valgus 
(eversion; B). (From Turek’s 
Orthopaedics [1]). 
Figure A.3. (A) Heel valgus 
(eversion) when foot is pronated, 
(B) Heel varus (inversion) when 
foot is supinated (From Turek’s 
Orthopaedics [1]). 
Figure A.4. (A) Forefoot adduction, 
(B) forefoot abduction (From Turek’s 
Orthopaedics [1]). 
 
Figure A.5. Equinus. 
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- Equinus: a congenital deformity of the foot in which the sole is permanently flexed so 
that walking is done on the toes without touching the heel to the ground – normally due 
to tight heel cord and shortened calf muscles (Figure A-5).  
 
- Cavus: a foot deformity characterized by an abnormally high arch due to fixed plantar 
flexion of the forefoot. Because of this high arch, an excessive amount of weight is 
placed on the ball and heel of the foot when standing (figure A-6). 
 
Figure A.6. (A) Normal foot, (B) Cavus deformity. 
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APPENDIX B.   ANATOMICAL PLANES AND DIRECTIONS 
 
 
 
 
 
- Proximal: where the appendage joins the body; Distal: toward furthest from the point of 
attachment to the body. 
- Anterior: toward the front (belly) of the body; Posterior (dorsal): toward the back of the 
body. 
- Medial: toward the midline of the body; Lateral: toward the side of the body. 
- Superior (above): in a higher position; Inferior (below): in a lower position. 
- Cranial: toward the head; Caudal: toward the lower end of the spine. 
- Ventral: pertaining to the front or anterior of any structure. The ventral surfaces of the 
body include the chest, abdomen, shins, palms, and soles; Dorsal: relating to the back or 
Figure B.1. Anatomical planes 
(From Wikipedia). 
Figure B.2. Anatomical 
directions (From Wikipedia). 
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posterior of a structure. Some of the dorsal surfaces of the body are the back, buttocks, 
calves, and the knuckle side of the hand. 
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